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Abstract 
 Minimally invasive surgical procedures using arthroscopic, catheterized, or 

laparoscopic devices are an increasingly preferred alternative to more labor-intensive 

open surgeries and typically associated with less pain, shorter hospital stays and fewer 

complications [1, 2].  However, these surgical models rely heavily on a combination of 

preoperative imaging and white-light intraoperative imaging technologies for guidance, 

which often severely limit the surgeon's depth perception and visualization of critical 

surface and sub-surface anatomy during endoscopic surgery.   

Optical coherence tomography (OCT) is a noninvasive optical imaging technique 

that captures volumetric imaging data of tissues at nearly cellular resolution [3]. 

Endoscopic OCT presents significant advantages over traditional white-light 

intraoperative imaging technologies enabling real-time volumetric visualization and 

quantitative feedback during surgery [4]. However, although this technology has been 

well demonstrated in research settings, endoscopic OCT has yet to find widespread use 

in the operating suite. This is primarily due to a lack of effective instrumentation for 

obtaining adequate depth penetration in highly scattering tissue, surgical/ergonomic 

useability in a minimally invasive setting, and a limited proof-of-concept 

demonstrations in non-retinal tissues. To address these challenges, this dissertation 

presents a collection of scientific works to extend the range of OCT for surgery by 
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adapting low-cost OCT technology and a dual-axis architecture to solve unmet clinical 

needs.   

First, a method for extending the imaging plane of a low-cost OCT system using 

a commercially available narrow rigid borescope is reported. This approach enables the 

application of the system in otherwise hard-to-access regions necessary for endoscopic 

adoption. This design's clinical potential is demonstrated by quantifying articular 

cartilage thickness, a primary biomarker of joint health during osteoarthritis (OA), for 

real-time feedback during arthroscopic surgery at a substantial reduction in cost 

compared to current protocols. Second, OCT is applied to evaluate the small bowel 

tissues of two rhesus macaques undergoing intestinal transplantation of the ileum using 

a handheld surgical probe. The correspondence between traditional assessment from 

routine histological observation and structures visualized with OCT were compared to 

assess the diagnostic capabilities of OCT for revealing changes associated with intestinal 

transplant rejection. Third, the image penetration of OCT is extended at a clinically 

relevant scale by adopting Dual-Axis OCT (DA-OCT) technology for increased depth 

priority in highly-scattering media. OCT imaging past 2 mm is measured using 1.3 µm 

wavelengths and enhanced depth of field (DOF) using a dynamic focusing method. 

Deep imaging performance for DA-OCT and conventional OCT is extensively compared 

using contrast-to-noise (CNR) analysis, highlighting the importance of high-order 

scattering anisotropy in tissue to maintain DA-OCT's depth advantage. Finally, DA-OCT 
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is translated from a proof-of-concept research device into a low-cost and portable 

handheld device suitable for adoption in the operating suite. A handheld deep-tissue 

imaging device was developed with a narrow distal profile required for oral surgery. 

Preliminary studies are reported to validate the system's ability to image dental tissue. 

By making OCT more accessible and expanding the range of tissues that may be 

evaluated in vivo, these advancements demonstrate the potential of OCT for broad 

EMIS adoption. 
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1 Introduction  
1.1 Motivation 

Endoscopically-based minimally invasive surgery (EMIS) describes a broad class 

of surgical interventions which allow for minimal damage to the body through the use 

of narrow instruments inserted via "keyhole" incisions. The approach is increasingly 

preferred to open surgery, and has improved the standard of care for many procedures, 

leading to reduced post-operative pain and fewer post-operative complications [5]. One 

tradeoff of this approach is that the surgeon's visibility is generally limited by the field 

of view of the endoscopic or laparoscopic device.  Consequently, surgeons often miss or 

incorrectly identify lesions, often requiring repeat surgeries [6]. 

Building on the widespread success of optical coherence tomography (OCT) in 

ophthalmology, OCT is often presented as a potential diagnostic tool to aid visual 

assessment during EMIS, as OCT can visualize subsurface structures and provide real-

time label-free volumetric images of tissues.   However, OCT is still limited by an 

absence of delivery schemes that are simple, robust, and broadly applicable to general 

EMIS applications. Further, for many EMIS purposes, OCT suffers from limited 

penetration depth, due primarily to the highly scattering nature of biological tissues.  

To address this, a multi-pronged research strategy to advance OCT technology 

for surgery is presented by adapting low-cost OCT technology and a dual-axis 

architecture to develop novel endoscopic instrumentation to solve unmet clinical needs. 
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1.2 Document Organization 

This dissertation is arranged as follows. Chapter 2 provides the necessary 

background information for the topics covered. This chapter is divided into three 

sections. First, three clinical areas are presented wherein the advancement of OCT 

technologies can overcome current limitations in EMIS: patello-femoral osteoarthritis, 

intestinal transplant rejection, and dental implant surgery. Detailed discussions of trends 

in surgical volume, current surgical procedures, and limitations in surgical guidance are 

provided. Second, OCT theory is discussed in detail. In this section, there is a particular 

focus on outlining critical system components and their role in OCT image formation 

and the theory of depth limitations in highly scattering tissues. Finally, we conclude 

with a summary of optical approaches designed to improve OCT imaging performance 

in highly-scattering media. 

Chapter 3 introduces a method for delivering OCT endoscopically with a 

handheld rigid borescope (borescope-OCT) coupled with a low-cost OCT engine, 

coupled with a recently-developed low-cost OCT engine first described by Kim et al. [7]. 

Chapter 4 evaluates the clinical potential of the borescope-OCT device to perform real-

time quantification of severe articular cartilage degradation during arthroscopy, where 

current intraoperative methods are unsatisfactory [8]. In Chapter 5, borescope-OCT is 

presented as a novel method of evaluating transplanted intestinal tissue; a process 

which lacks adequate histological biomarkers and is burdened by excessive and invasive 
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routine biopsy [9].  Chapter 6 reports the development of a general-purpose dual-axis 

OCT (DA-OCT) device capable of significantly improving the penetration depth of 

traditional OCT in highly scattering tissue. In this chapter, previous assumptions 

regarding the nature of enhanced depth signaling in DA-OCT are experimentally 

validated in a comparative study against conventional on-axis OCT. In Chapter 7, DA-

OCT technologies are adopted to design a handheld and portable device for improved 

visualization of the oral cavity during dental implant surgery. Finally, Chapter 8 

summarizes the current status and outlook of the technologies described in this 

dissertation.   
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2 Background 
2.1 Endoscopic Based Minimally Invasive Surgeries 

2.1.1 Introduction 

Many surgeries are now much safer and more tolerable thanks to minimally 

invasive (also known as endoscopic or keyhole) procedures. For these procedures a 

minimal incision is made at the treatment site, and a thin optical instrument is inserted 

to enable the surgeon to observe the surgical site on a monitor. However, the paradigm 

of EMIS has remained relatively unchanged since its inception.  During image-guided 

surgical procedures, en face projections of the surgical field are employed to assist 

surgeons with identifying anatomic landmarks and obscured surgical planes.  However, 

the visible field as seen through the operating scope generally limits the surgeon’s depth 

perception and visualization of instruments for such procedures.  Resultantly, surgeons 

often miss or incorrectly identify lesions requiring repeat surgeries after post-operative 

assessment.  These lesions, which commonly exist beneath the tissue’s surface or exhibit 

3D surface topographies, are only superficially visualized by endoscopy.  The sparse 

sampling and lack of contrast associated with visual assessment provides a coarse subset 

of tissue health without depicting the true presence and extent of any pathology.  Three 

areas have been identified where clinical outcomes of EMIS can be improved by 

developing new, quantitative imaging techniques that reveal useful diagnostic 

information that is otherwise invisible to conventional endoscopes. 
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2.1.2 Patello-femoral Osteoarthritis 

Due to osteoarthritis (OA), joint pain and swelling in the knees and hips are 

significant health concerns worldwide [10, 11]. OA occurs due to the degeneration of the 

protective cartilage at the end of the bones over time.  Symptoms of osteoarthritis can be 

managed, but damage to the joints cannot be reversed.  The knee's prevalence of OA is 

well documented and known to increase with age, with an expected 35%-45% of the 

population over 30 affected [12]. This involves any compartment of the knee that shows 

signs of OA that would fall into this category.  However, researchers have historically 

focused on "general" knee OA or tibiofemoral OA when examining OA.  Damage to the 

patellofemoral joint is becoming more widely recognized as having a precursory role in 

knee osteoarthritis symptoms.  There is evidence that the patellofemoral joint and 

tibiofemoral joint present as different physical, mechanical, and biological characteristics 

increasing the risk of a false diagnosis [13]. Patellofemoral OA, rather than tibiofemoral 

OA, is now more commonly associated with crepitation, anterior knee pain, and 

difficulty ambulating the stairs [14].  As a result, the prevalence of patellofemoral OA is 

expected to be higher than previously expected [15]. In a 2012 study, radiographic 

imaging was used to assess patellofemoral osteoarthritis in patients 40 years and 

older. In the 576 patients over 40 screened, 37.9% had confirmed radiographic signs of 

patellofemoral OA [16] - a value mirrored in similar reports [15, 17]. 
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Cartilage thickness is a significant determinant of joint health, with substantially 

degraded cartilage often resulting in immobility in late-stage OA [7].  Further, post-

traumatic osteoarthritis (PTOA) is a related inflammatory condition that occurs after a 

subacute traumatic event, such as a sports injury or falling [8, 18, 19].  PTOA is often 

treated by arthroscopic surgery.  However, conventional arthroscopy relies heavily on 

qualitative assessment through visual and tactile feedback [10, 11]. Thus, performing an 

arthroscopic evaluation of articular tissues can be subjective and irreproducible [20]. 

Currently, there is no accepted noninvasive intraoperative way to measure 

cartilage thickness in vivo [21].  Many intraoperative thickness measurement methods 

have been proposed by investigators, each with significant limitations.  Needle probe 

methods [8] and stereomicroscopic techniques [22, 23] have shown effective thickness 

measurement capability.  Still, they are overly invasive procedures that require cartilage 

to be pierced or removed in a manner counterproductive to the nature of the process.  

High-resolution ultrasound has shown to be ineffective for cartilage thickness 

quantification.  This is partly due to the substantial variations in the elastic properties of 

cartilage, with the speed of sound varying as much as 33.6% making it difficult to judge 

thickness accurately [16].  Near-infrared spectroscopy has shown an accuracy in 

quantifying thickness measurements by exploiting the wavelength-dependent nature of 

scattering in tissue.  However, these measurements' accuracy depends on ideal probe 

positioning and contact with the cartilage surface [24-26].  Reflection spectroscopy, 
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which does not require contact with the sample, is still susceptible to error from specular 

reflection and variances in sample anisotropy [27]. 

Continuous x-ray imaging via fluoroscopy is currently the most widely accepted 

intraoperative guidance during arthroscopy procedures.  The disadvantage of this 

approach is that constant exposure to ionizing radiation can adversely affect patients' 

health.  To minimize exposure, workers in the surgical field must wear heavy lead 

aprons.  Additionally, the two-dimensional fluoroscopic view and limited field of view 

of an arthroscope are not conducive to visualizing the hip structures in three 

dimensions.  Despite the numerous improvements in arthroscopic tools and techniques, 

little has been done to bring preoperative planning into the operating 

room.  Preoperative measures can be provided as a report, radiographic image, or 

written team notes.  However, these are rarely available in sterile fields, nor are they 

usually available for study and manipulation during surgery.  During surgery, devices 

have been created to navigate the position of the bone in 3D space after pins and 

markers have been placed.  Despite their use in research, these methods are not widely 

used in the clinic [28, 29]. Current navigation systems are known to be burdensome to 

surgeons and teams since pins must be placed in the patient for tracking as well as 

additional equipment in the OR.  In the future, it would be worthwhile to provide 

surgeons with a tool that allows them to see structures in 3D intra-operatively during 

arthroscopic procedures and that can be easily applied, has a small footprint in the 
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operating room, and can be delivered at an affordable price, so that it could be widely 

adopted. 

2.1.3 Intestinal Transplant Rejection 

Intestinal transplantations are lifesaving treatments for patients who are unable 

to absorb adequate nutrients, either due to disease or injury.  Small intestine 

transplantation (IT) is generally considered one of the most challenging organ 

transplantation procedures because of its heightened immune response [30].  The only 

patients who have been considered for intestinal transplantation are those who have 

failed parenteral nutrition and developed life-threatening complications [31]. Recent 

decades have seen an improvement in short-term survival after intestinal 

transplantation.   Despite these improvements, graft failure rates remain high after the 

first year. It is estimated that the 10-year graft and patient survival rates are still below 

50% and 75%, respectively, with many advancements in the field [32].  Among this 

group, high mortality is usually attributed to immunological complications (such as 

sepsis and acute cellular rejection), which are significant reasons for graft loss [33, 34].  

In contrast to other solid organ transplantation models, IT graft failure (ITx) has 

no universally accepted biochemical markers for diagnosis, monitoring, or prediction 

[35].  Today, clinical, laboratory, and histopathological testing remains the gold standard 

for post-IT evaluation.  There is considerable variation in US-approved IT programs 

regarding the frequency and approach of routine biopsy of acute cellular rejection 
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[36]. IT grafts that require excess excisional biopsy have several challenges, including 

increased costs and the potential for hemorrhaging, perforations, and infection [37].  

Most patients experience at least one episode of ACR after an IT graft procedure [38].  

ACR in IT patients occurs for various reasons; however, no universally accepted marker 

can predict rejection.  It has been shown that many chemical biomarkers can be used to 

predict or exclude rejection, including the measurement of citrulline levels and cytokine 

profiles in peripheral blood, stool calprotectin levels, as well as changes in transcriptome 

sets [39-41].  However, the current generation of post-transplant evaluation tests does 

not meet the particular sensitivity, reproducibility, and turnaround speeds [42].  The 

number of apoptotic cells in crypts is regarded as an indicator of onset ACR in all 

published grading schemes.    

Allograft rejection is also associated with lamina propria injury and 

inflammation [43]. In such cases, an increase in mononuclear inflammation and crypt 

injury within the allograft with low apoptotic body count can predict graft rejection [44].  

However, although endoscopic analysis has been shown in some cases to detect an 

increase in lamina propria inflammation, it cannot be confirmed through H&E during 

the early months following transplantation when early detection is critical.   

Currently, gross endoscopic findings must be confirmed by histopathologic 

biopsy to diagnose ACR since endoscopic visual inspection alone does not provide 

adequate sensitivity and specificity to do so [45].  Due to its high level of lymphoid 
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tissue in the gut, the ileum is prone to acute rejection and requires intense monitoring. 

Thus, IT centers conduct two allograft biopsies weekly for the first three weeks after 

transplantation, then once every three weeks after that, even when there are no 

symptoms of graft dysfunction [36].  Due to the possibility that the IT graft may be 

rejected in specific areas, it is often recommended to perform a minimum of three 

biopsies, with sufficient depth to observe the entire mucosal layer, the muscularis 

mucosae, and the superficial submucosa [44].   

2.1.4 Dental Surgery 

Dental Implant Surgery (DIS) is a standard dental procedure in which a dental 

prosthesis is installed to the jawbone, anchored by a titanium screw [46].  Implant 

dentistry quickly evolved into a successful method of replacing missing teeth since 

introducing the concept of osseointegration nearly 50 years ago [47, 48].  Because dental 

implants preserve adjacent teeth and bone, they have become increasingly popular over 

other treatments [49].  With relatively fast recovery times, implant placement has been 

shown to improve masticatory function and quality of life in partially and fully 

edentulous patients [50].  Therefore, dental implants have become a standard treatment 

option for replacing missing teeth [48]. 

The prevalence of DIS in the United States grew 5.7% from 2015 to 2016, with 

over 1 million implants inserted annually in the United States, a trend that is expected to 

continue [46].  Successful implant integration is highly dependent on the implant’s 
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anchoring depth, which promotes osseointegration or the formation of bony tissue 

around the implant. During surgery, implant depth is determined empirically by the 

surgeon [51],  however, DIS is not without risk. The accessible depth of the implant 

channel is limited by risk of damaging the IAN, responsible for providing sensory 

enervation to the lower lips, chin, and corresponding blood vessels.  Disruption to the 

IAN can lead to permanent loss of sensation and/or local paresthesia with reported 

incidences of nerve injury from DIS as highly variable with a 2010 review reporting 

ranges from 0% to as high as 44%, with 73% of dentists encountering neurosensory 

impairment within their practice [52]. 

There are no accepted methods for real-time mapping of the IAN during dental 

surgery.  Panoramic radiography [53] and computed tomography (CT) are commonly 

employed preoperatively to identify the IAN; however, both methods suffer from 

unsatisfactory resolution (> 2mm) [54].  This insufficient resolution urges surgeons to 

practice caution when drilling into the mandible by leaving a ~2mm, “safety zone” to 

avoid damaging the IAN [55]. 

Currently, there are no real-time methods to visualize and locate the IAN during 

dental surgery, a critical factor of successful implant integration [51].  Ultrasound has 

been proposed for real-time monitoring during DIS; however, its ability to penetrate 

bony surfaces restricts the technique to image only soft tissues above implant sites and 
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not superficial bone features [56]. Unlike sound waves, light is less strongly reflected 

from calcified tissues [57]. 

2.2 Optical Coherence Tomography 

2.2.1 Introduction 

In the years since its development in 1991 [3], optical coherence tomography 

(OCT) has become a powerful diagnostic tool capable of visualizing subsurface 

structures in a non-destructive, high-resolution manner.  For medical imaging, OCT 

poses a decisive advantage over several standard practices because of its ability to 

perform "optical biopsies" or real-time, in situ visualizations of the microstructure and 

pathology of tissues without the need to remove and process samples [58, 59].  Its role as 

a viable clinical imaging modality was further solidified with the development of 

Fourier domain detection methods in the early 2000s, simultaneously generating a 

significant advancement in signal strength and imaging speeds needed to further 

promote clinical adoption [60-63].  Therefore, OCT is often presented as an alternative, 

or precursory measure, to histopathology, often regarded as the gold standard in 

determining disease pathology. Histology can be timely and expensive, requiring that 

tissue samples be removed and treated outsourced to expert pathologists for 

interpretation.  For these reasons, OCT has been a significant focus of academic and 

clinical research to investigate the utility of OCT in various clinical settings.  
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OCT works by mapping the depth resolved optical reflectance profile of tissue. 

An OCT system generates these reflectance maps by illuminating the sample with a 

beam of light and measuring the backscattered signal's magnitude and echo time delay 

from a single point (referred to commonly as an A-scan). A 2D image, or B-scan, is 

created by scanning the beam's location on the sample to generate depth profiles in a 

manner analogous to ultrasound. As opposed to ultrasound, where the reflected sound 

waves from inside the sample can be measured directly by electronic detection, the 

speed of light is far too fast on length scales to be recorded by standard electronic 

detectors to resolve the time of flight of the waves. Therefore, to achieve the required 

resolution, OCT relies on a technique known as low-coherence interferometry to 

differentiate variations in pathlengths traveled by the photons. Comparing the collected 

signal against a known reference field can produce depth profiles from all resolvable 

reflectors within a sample.  

In the formative days of OCT, the reference arm was scanned to record 

backscattered characteristics and demodulated to reconstruct a profile of backscattered 

reflectance as a function of depth within a sample using a technique referred to as time-

domain OCT (TD-OCT) [3, 64]. With the advent of Fourier-domain detection approaches 

(FD-OCT), the technology advanced by creating the possibility to acquire multiple depth 

signals simultaneously without the need to sweep the reference arm [65, 66]. In the 
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following section, these concepts will be expanded by explaining the theory and 

physical principles behind OCT image formation. 

2.2.2 Principles of OCT 

Although there have been many unique applications and approaches to 

performing OCT, OCT systems are generally based on a fundamental architecture. Light 

from a broad bandwidth (low coherence) source is typically diverted between two 

unique arms of a simple Michelson interferometer using a beam splitter or fiber coupler. 

Light propagating along a reference path encounters a path delay and is reflected back 

towards the beam splitter. Light directed towards the sample arm encounters an optical 

subsystem designed to focus and scan the beam on the sample. Backscattered light 

collected from the sample then returns through the sample arm, where it is combined to 

interfere with light from the sample field and directed onto the camera plane of a 

photodetector. An A-scan is then calculated from the signals detected at the 

photoreceiver (this concept is expanded in Section 2.2.3). The A-scan represents the 

depth-resolved reflectivity profile of the sample at the focused point of the sample beam 

for a single lateral position. A two-dimensional cross-sectional image can be 

reconstructed by coordinating subsequent A-scan acquisition with the scanning 

mechanism of the sample plane. 

In the case of TD-OCT, depth information is collected as a function of time by 

repetitively scanning the reference arm delay in length.  Here a low-coherence and 
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continuous wave source is used. As the reference arm path length is swept, it interferes 

constructively with the light scattered at isolated depths within the sample 

corresponding to a match in optical pathlengths. The photoreceiver in the detection 

plane records the envelope of the fringe burst pattern in time. The collected signal is 

processed to map the reflectivity profile for each axial point of the imaging window in 

series.   

FD-OCT detection enables faster imaging speeds by recovering multiple depth 

signals simultaneously without sweeping the reference arm [65].  There have been two 

significant variations of FD-OCT developed since the early 2000s, swept-source OCT 

(SS-OCT) [62, 66, 67] and spectral-domain OCT (SD-OCT) [60, 68]. Though they are 

theoretically similar, the differences between the two techniques lie in the mechanisms 

for measuring interference across different frequencies. With SS-OCT, a narrow band 

laser equipped with a rapidly tunable center frequency allows for frequency 

measurements as a function of time measured via a single photodetector. Work 

presented in this dissertation utilizes SD-OCT, where multiple wavelengths of light are 

simultaneously delivered to a sample using broadband light. Wavelength-resolved 

detection is achieved using a spectrometer that spatially disperses the beam components 

onto a high-speed line scan camera. Table 2.1 summarizes the principles and 

disadvantages for each OCT imaging modality.   

Table 2.1: An overview of primary OCT modalities, including their relative 
principles, disadvantages, and selected references system. Adapted from [69]. 
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Modality Operating Principle Drawbacks References 

Time-
Domain 

OCT 

• Records backscattered 
reflectance profiles of the 
sample by scanning the 
reference arm 

• Detects envelope of 
interference signal over depth 

• Slow data 
acquisition 
speed 

• Lower 
sensitivity 

• Huang et al [3] 
• Rollins and 

Izatt [64] 

Swept-
Source 
OCT 

• Scans the spectral line of a 
laser across the bandwidth of 
the source 

• Interference recorded by a 
point detector at different 
times 

• Depth information acquired 
with Fourier transform of 
signal over one sweep of the 
laser 

• Expensive 
swept laser 
source 

• Lower axial 
resolution 

• Low signal-to-
noise 

• Increased 
motion 
artifacts 

• Chinn et al [66] 
• Yun et al [67] 
• Choma et 

al [62] 
 

Spectral-
Domain 

OCT 

• All spectral components 
captured simultaneously as 
modulations in the 
broadband source spectrum 

• Depth-resolved information 
is acquired through inverse 
Fourier transform of detected 
interference  

• Complex 
spectrometer-
based detection 

• Suffers 'mirror' 
artifacts and 
sensitivity roll 
off 

• Fercher et 
al [65] 

• Wojtkowski et 
al [60] 

• Nassif et al 
[68] 

 

2.2.2.1 Axial Ranging using Low-Coherence Interferometry 

Unique from other imaging modalities, the axial response in OCT imaging 

systems is derived from a ranging measurement technique known as low-coherence 

interferometry. The coherence of any light source is a description of the correlation 

between component waves concerning frequency and waveform. The ability of waves to 

maintain coherence can be evaluated over different lengths of space or time.  This length 

is referred to as the coherence length and is inversely proportional to the frequency 



 

17 

bandwidth of the source.  It is the property of coherence that enables stable interference 

of waves to occur. Low-coherence light is described as maintaining a statistical phase 

continuity over very short distances. As a result, interferometry using low-coherence 

light can only detect interference between the sample and reference arms when their 

paths are aligned within one coherence length. The interferometer measures the field 

autocorrelation between the two light waves. The source's wavelength can be exploited 

to determine the interference signal envelope, measuring the magnitude and echo time 

delay of light echoes. As the interference envelope is modulated by the coherence length 

of the system, the coherence length is the defining characteristic of axial image 

resolution. With broadband light sources, coherence lengths are shorter due to their 

inverse relationship, allowing for better resolution. 

2.2.2.2 Imaging Parameters of OCT 

OCT imaging performance is defined by several principles.  This section will 

outline the impulse response of an OCT system to form a general description of imaging 

parameters such as imaging field of view (FOV) and lateral and axial resolution. For 

general imaging practices, the point spread function (PSF) of an optical system is 

generally characterized by the focusing optics of the system. For such cases, the lateral 

resolution and FOV are proportional to the numerical aperture (NA) and square of the 

NA of the object lens, respectively assuming a Gaussian beam. Assuming the aperture of 

the objective is filled, the NA of the objective is described by 
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𝑁𝑁𝑁𝑁 =  sin(𝛼𝛼) (2.1) 

where 𝛼𝛼 is half the angular optical aperture subtended by the objective. 

It has accurately been described that the illumination and collection schemes 

applied in standard OCT are consistent in behavior to that of an ideal reflection-mode 

confocal microscope [70]. The imaging parameters for such systems have been 

characterized in great detail [71-73]. From this assumption, one can express the detected 

intensity distribution from an ideal reflector placed in the focal plane as a function of 

lateral position by 

𝐼𝐼(𝑣𝑣) =  �
2 ∙ 𝐽𝐽1(𝜈𝜈)

𝜈𝜈 �
4

 (2.2) 

where 𝐽𝐽1(𝜈𝜈) is a first-order Bessel function. Here the normalized lateral range parameter 

(𝜈𝜈) is given as 

𝜈𝜈 =  2𝜋𝜋𝜋𝜋 ∙  
𝑁𝑁𝑁𝑁
𝜆𝜆0

 (2.3) 

where 𝜆𝜆0 is the central wavelength of the system. Equation 2.2 represents the lateral PSF 

of an OCT system at its focal plane. One can then define the lateral resolution (𝛿𝛿𝑥𝑥), or 

lateral FWHM of the focused spot, which has been previously calculated [74] to be  

𝛿𝛿𝑥𝑥 =   0.37 ∙  
𝜆𝜆0
𝑁𝑁𝑁𝑁

.  (2.4) 

An OCT system's lateral FOV is greatly affected by the scanning optics 

employed. Quite simply, the objective lens of a scanning system with a fixed focal length 

(𝑓𝑓) features an aperture through which the sample arm beam is rotated at a maximum 
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scan angle (𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚) in one or two lateral dimensions. The OCT lateral FOV is simply 

defined by this condition using the following equation 

𝐹𝐹𝐹𝐹𝐹𝐹𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙𝑙 = 2 ∙ 𝑓𝑓 ∙ 𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚 . (2.5) 

As described in the previous section, the axial impulse response of the OCT 

system is dominated by the coherence length of the illumination source and not by the 

NA of the focusing optics.  Assuming the source has a Gaussian spectral distribution, 

the FWHM (full-width at half-maximum) of the coherence length (𝑙𝑙𝑐𝑐), and thus the axial 

resolution (𝛿𝛿𝑧𝑧), is given by,  

𝑙𝑙𝑐𝑐 = 𝛿𝛿𝑧𝑧 =
2𝑙𝑙𝑙𝑙2
𝜋𝜋

𝜆𝜆02

∆𝜆𝜆
 (2.6) 

where ∆λ is the spectral bandwidth. Other spectral shapes can be expressed similarly 

[75].   

The axial response of the OCT system is evaluated following a similar approach 

to the lateral parameters. However, one now assesses the confocal response of the 

system to a planar rather than a point reflector. The detected intensity distribution from 

an ideal planar surface that is translated along the entirety of the optical axis can be 

expressed by  

𝐼𝐼(𝑢𝑢) =  �
sin(𝑢𝑢/2)

(𝑢𝑢/2)
�
2

, (2.6) 

where the normalized axial range parameter (𝑢𝑢) given as 

𝑢𝑢 =  8𝜋𝜋𝜋𝜋 ∙  
sin2 �𝛼𝛼2�

𝜆𝜆0
. (2.7) 
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From this, the axial FOV for an OCT system can be expressed as the FWHM of the 

power distribution of the confocal axial response function (equation 2.6), which is equal 

to  

𝐹𝐹𝐹𝐹𝐹𝐹𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 =
0.221 ∙ 𝜆𝜆0

sin2 �sin−1(𝑁𝑁𝑁𝑁)
2 �

. (2.8) 

This condition holds true for most applications of OCT, where the coherence length of 

the system is far smaller than the confocal parameter. However, this assumption begins 

to fail as these two axial parameters become comparable, such as in optical coherence 

microscopy, where very high NA beams are used. For such cases, the OCT system’s 

axial response is defined as the convolution of these two functions [76].  

2.2.3 Spectral-Domain OCT Image Reconstruction 

Spectral-domain OCT (SD-OCT) is performed by delivering a broadband light 

source to the sample and using a spectrometer to detect the measured spectral 

interference. Using this approach, the scattering contributions from within the sample 

produce unique spectral interference frequencies dependent on their pathlength offset 

from the reference field. The combined fields are then dispersed by wavelength using a 

diffractive element. The resulting spectral interferogram, or intensity as a function of 

wavelength, is then measured using a linear detector array. From this, the depth 

intensity profile (A-scan) can be instantly calculated by applying an inverse Fourier-

transform to the acquired spectra. The Wiener-Khinchin theorem describes this 
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relationship, stating that the autocorrelation function between the reference and sample 

fields has a spectral decomposition given by the power spectral density of the two [65]. 

Additional signal processing steps may also be required in SD-OCT to prepare the 

spectral interferogram for the inverse Fourier transform. For OCT data presented in this 

dissertation, two such steps are applied. First, the data are linearly interpolated in 

wavenumber to compensate for the grating of the spectrometers, which linearly 

disperses the light by wavelength. Second, a tunable phase polynomial is applied to the 

interferogram to correct for group-velocity dispersion mismatches between the sample 

and reference arm [77]. 

2.2.4 Endoscopic OCT 

OCT has found tremendous success in biomedical imaging technology, 

particularly in evaluating retinal pathology, where it has been adopted as a standard of 

care for ophthalmology. In the years since, new OCT research has emerged that 

addresses other medical needs, including endoscopy [78], oncology [79], and 

intravascular imaging [80]. Despite these advances, delivering OCT into the body 

remains quite challenging. Common approaches typically involve microfabricated 

probes, fiber-optic rotary junctions, or millimeter-scale optoelectronic assemblies - all of 

which are incredibly difficult expensive and difficult to manufacture.    
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  GI probes are a particular focus of OCT research, with previous efforts leading 

to the diagnosis of esophageal cancer [81], inflammatory bowel disease [82], and 

ulcerative colitis [83]. One of the most active applications of OCT is esophageal imaging, 

especially for cancer prevention and early detection. The success of radiofrequency 

ablation, a treatment that targets cancer at a localized stage, has underscored the 

importance of early detection of esophageal cancer [84]. It is common to conduct upper 

GI endoscopy for various indications of cancer risk, including reflux disease [85]. Video 

endoscopy alone is not capable of performing all types of diagnostics, so using adjunct 

imaging modalities can also be helpful. The cross-sectional images generated by OCT 

reveal the subsurface architecture of tissue, which makes it remarkably valuable in 

detecting conditions like Barrett's esophagus [86-88], a disease with significant cancer 

risk. The success of these applications would hint at only a fraction of the potential for 

internal medicine if OCT technology were to be used inside the body more 

effectively. This notion is further supported by OCT research applied to meet a wide 

range of needs, including coronary artery disease [89-91], respiratory lesions [92, 93], 

breast [94], urinary [95], and reproductive [96, 97] systems, among other applications 

[98].  

Although endoscopic OCT has advanced over the years, penetration depths are 

typically limited by light scattering.  OCT suffers from a significant burden due to the 

loss of contrast caused by scattered photons, while MRI and PET do not have these 
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problems.  I expect future OCT technology to overcome this fundamental limitation by 

using simple, robust delivery systems that directly assesses the targeted tissues using 

endoscopic methods.  By employing this method, clinicians are provided with an exact 

and targeted general-purpose imaging method without dealing with scattering.  At 

present, there are very few systems of this type, and many of them rely on geometries 

with highly complex and expensive fabrication processes [4, 99].  The typical OCT probe 

delivers its OCT signal internally using single-mode optical fibers. The sample arm's 

distal optics are rotated to generate circumferential cross-sectional images utilizing a 

mechanical means [100-104]. Typically, there are two general strategies for endoscopic 

OCT scanning: proximal scanning, where the probe’s rotation mechanism is external to 

the probe transmitted along the endoscope to the probe's tip, and distal scanning, which 

is rotated within the probe [4, 86]. Much has been done to advance the image quality of 

endoscopic OCT, including improvements in the field of view [105], automated image 

analysis [106], image stabilization [107], and cost [69]. In addition to their complexity 

and high price, these devices are not designed to function as general-purpose probes, 

and they are still in the developmental stages. 

2.2.5 Depth Limitations in OCT 

2.2.5.1 Optical Attenuation in Biological Tissue 

Two physical processes govern the optical attenuation of light in tissues, namely 

absorption, and scattering. If the energy of a photon is absorbed by an electron of a 
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molecule, the electron is elevated from its ground state to an excited state. An absorption 

coefficient (𝜇𝜇𝑎𝑎) is commonly used to describe the nature of a medium's absorption. This 

value can be understood as the probability that a photon will be absorbed in a medium 

per unit path length and is defined as the total cross-sectional area for absorption per 

unit of volume as described in the following equation 

𝜇𝜇𝑎𝑎 = 𝑁𝑁𝑎𝑎𝜎𝜎𝑎𝑎 (2.9) 

where 𝑁𝑁𝑎𝑎 is the density of absorbers. The absorption cross-section (𝜎𝜎𝑎𝑎) represents the 

probability of an absorption event and is unique from optical scattering in that its 

quantum mechanical treatment is inelastic and independent of wavevector [108].  

Most biological tissues exhibit noticeable optical turbidity due to strong elastic 

scattering. By contrast, in biological tissues, optical absorption is weak, particularly near 

the 650-1350 nm spectral region. This spectral window, referred to as the near-infrared 

(NIR) window, is often exploited for biomedical purposes as light has its maximum 

penetration depth in tissue. The leading cause of scattering in tissue is inhomogeneity of 

localized indexes of refraction. Scattering events can be classically thought of as 

refraction events and physically as instantaneous quantum events to a virtual state. 

Following the same convention as absorption, scattering coefficient (𝜇𝜇𝑠𝑠) is defined as the 

probability of photon scattering in a medium per unit path length and is calculated as 

the total cross-sectional area of scattering per unit volume 

𝜇𝜇𝑠𝑠 = 𝑁𝑁𝑠𝑠𝜎𝜎𝑠𝑠 (2.10) 
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where 𝑁𝑁𝑎𝑎 is the density of scatters and 𝜎𝜎𝑠𝑠 the scattering cross section. It is important to 

note that 𝜎𝜎𝑠𝑠 is an essential physical parameter relating the relative index of refraction 

(𝑛𝑛𝑟𝑟𝑟𝑟𝑟𝑟 = 𝑛𝑛𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 𝑛𝑛𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏⁄ ) of both the scatterer and its surroundings with the 

wavenumber (𝑘𝑘) of light used, as described for Rayleigh scattering by  

𝜎𝜎𝑠𝑠 =
8𝜋𝜋𝑎𝑎6𝑘𝑘4

3
�
𝑛𝑛𝑟𝑟𝑟𝑟𝑟𝑟2 − 1
𝑛𝑛𝑟𝑟𝑟𝑟𝑟𝑟2 + 2

�
2

. (2.11) 

This value is not to be confused with the geometric cross-section of the absorber (𝜋𝜋𝑎𝑎2).  

Through scattering events, photons are diffracted by the particle in terms of a 

wavelength-dependent optical cross-section (𝜎𝜎𝑠𝑠). There are two classical conditions of 

optical scattering derived from Maxwell's equations, Rayleigh scattering and Mie 

scattering. Rayleigh scattering applies only to particles where their geometric cross-

section is much smaller than 𝜎𝜎𝑠𝑠. In contrast, Mie theory applies to homogenous isotropic 

spheres of any size, and thus, Mie theory reduces to the Rayleigh theory when the 

particle is much smaller than the wavelength. Mie theory is critical for biomedical optics 

providing valuable information about the size, composition, and distribution of optical 

scatterers within a sample and the resulting angular distributions of scattered light. 

From this, two critical metrics for describing scattering have arisen: scattering efficiency 

(𝑄𝑄𝑠𝑠), described as the ratio of the optical cross-section to the geometric cross-section and 

the scattering and anisotropy (𝑔𝑔 = 〈𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐〉), the probability of a scattering event to cause 

a deflection at an angle 𝜃𝜃 from the original forward trajectory. Due to anisotropy, the 

effects of high-order multiple scattering events limit the ability of a ballistic photon to 
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maintain its momentum along its initial forward trajectory. Such light is referred to as 

diffuse light and is indistinguishable from noise for OCT purposes. One can reevaluate 

equation 2.10 to account for the effects of multiple scattering as 

𝜇𝜇𝑠𝑠′ = (1 − 𝑔𝑔)𝜇𝜇𝑠𝑠. (2.12) 

In this formula, 𝜇𝜇𝑠𝑠′  is regarded as the reduced scattering coefficient and equivalent to the 

mean number of scattering events that cause a loss of the photons' initial orientation. 

The total attenuation or transport interaction coefficient (𝜇𝜇𝑡𝑡′) of biological tissues 

is modeled as the total contributions of both absorption and scattering 

𝜇𝜇𝑡𝑡′ = 𝜇𝜇𝑎𝑎 + 𝜇𝜇𝑠𝑠′ . (2.13) 

The following expression can express the attenuation of light as it propagates in through 

a medium 

−𝑑𝑑𝑑𝑑/𝐼𝐼
𝑑𝑑𝑑𝑑

= 𝜇𝜇𝑡𝑡′ (2.14) 

where 𝐼𝐼 is the ballistic intensity, and 𝑧𝑧 is the pathlength along the optical axis. 

Integrating through this equation leads to the Beer-Lambert Law (also called Beer’s Law)  

𝐼𝐼(𝑧𝑧) =  𝐼𝐼𝑜𝑜𝑒𝑒−𝜇𝜇𝑡𝑡
′𝑧𝑧 = 𝐼𝐼𝑜𝑜𝑒𝑒−𝑧𝑧/𝑙𝑙𝑡𝑡′ (2.15) 

which models the pathlength-dependent decay of light in tissue. Equation 2.15 also 

describes extinction in terms of the mean free path (MFP) (𝑙𝑙𝑡𝑡′ = 𝜇𝜇𝑡𝑡′−1). This term 

describes the decay constant of the signal or average length between photon attenuation 

events. For most biological tissue, the scattering contribution to mean free path is on the 
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order of 0.1 mm. In contrast, the mean absorption length (mean path length before 

photon absorption) can extend to 10-100 mm. 

2.2.5.2 Spectrometer Fidelity, Pixel Sampling, and Sensitivity 

As described in section 2.2.2, SD-OCT encodes depth information by spectral 

frequencies. For SD-OCT the pixel-limited sampling of the detected spectral 

interferogram defines the one-sided imaging depth (𝑧̂𝑧𝑚𝑚𝑚𝑚𝑚𝑚) of the device and is expressed 

by 

𝑧̂𝑧𝑚𝑚𝑚𝑚𝑚𝑚 =  
𝜋𝜋

2 ∗ 𝛿𝛿𝑠𝑠𝑘𝑘
(2.16) 

where 𝛿𝛿𝑠𝑠𝑘𝑘 is the pixel-limited sampling interval in wavenumber.  In reality, high-

frequency fringes will lose contrast as the fringe frequency approaches the Nyquist limit 

and, therefore, lose sampling power with increasing depth.  This effect is termed 

spectrometer roll-off (𝑧̂𝑧6𝑑𝑑𝑑𝑑) and is characterized by the pathlength offset at which a 6dB 

loss in SNR occurs. Roll-off is expressed by  

𝑧̂𝑧6𝑑𝑑𝑑𝑑 =
2𝑙𝑙𝑙𝑙(2)
𝛿𝛿𝑟𝑟𝑘𝑘

(2.17) 

where 𝛿𝛿𝑟𝑟𝑘𝑘 is the FWHM spectral resolution of the spectrometer.  Typical sizes for 

standard SD-OCT for both 𝑧̂𝑧𝑚𝑚𝑚𝑚𝑚𝑚 and 𝑧̂𝑧6𝑑𝑑𝑑𝑑 are usually on the order of a few millimeters 

and contribute to the sample's optical properties towards the total depth capabilities of 

OCT imaging [109]. 

As described in section 2.2.2, OCT is able to select desired signals within a single 

coherence length of a reference arm's path length when a photon has propagated to the 
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desired location within the sample. Resultantly, traditional OCT cannot reject photons 

that have scattered multiple times within the sample. These photons which have 

accumulated the same time of flight from signal may still be pathlength matched to the 

system and accepted as noise. Thus as the number of scattering events for desired signal 

increases, both ballistic signal attenuates while diffuse noise from multiple scattering 

increases [110]. In 1994, Izatt et al. estimated the theoretical scattering limit for coherent 

imaging by predicting the depth at which single-backscattered light could be detected 

using tissue-safe exposure limits and quantum detection of the time. Assuming a 

minimum signal-to-noise ratio of 1, they estimated that after propagating  ~15 scattering 

MFP desired OCT signal photons would be indistinguishable from noise [76]. Sensitivity 

improvements using Fourier detection methods later increased this limit to 27 MFP (~1.5 

mm in tissue) [62]. 

2.3 Improved Depth Priority in OCT with Multiply Scattered 
Light 

2.3.1 Introduction 

As discussed in Section 2.2.5.1, optical imaging techniques generally fail in 

highly scattering media due to multiple scattering interactions as the light field 

propagates through the medium. Although several optical techniques utilize diffuse 

light to image scattering media in-depth, such as diffuse optical tomography [111], 

acousto-optical imaging [112], or photoacoustic imaging [113], their resolution is power 

limited.  With regard to ballistic imaging, such as OCT, multiple scattering limits 



 

29 

imaging to depths near 1 mm in tissue [62, 76]. Due to this, OCT has tended to 

demonstrate greater penetration depths only in tissues with high optical transparency 

[114] and when using longer wavelengths [115]. In most cases, the use of the 1.3 μm 

wavelength band in highly scattering tissue demonstrates maximum imaging depths 

between 0.5-1.25 mm [116-118].  

Recently, optical focusing through complex media has been dramatically 

advanced thanks to advances in wavefront manipulation techniques [119]. For such 

applications, a spatial light modulator (SLM) actively shapes the incident wavefront to 

increase focusing power through strongly scattering materials. A matrix approach was 

developed to propagate light through complex media [120]. This approach relies on 

measuring the Green’s functions between each pixel of an SLM and a 2D array mapping 

the transmission matrix through the sample. Recently several studies [121-123] have 

applied a similar matrix approach to OCT by measuring the time-gated reflection matrix 

from the scattering medium. An input-output analysis of the reflection matrix may help 

reduce scattering contributions in controlled situations. However, while a 2x increase in 

penetration is predicted [121], these values have not been demonstrated in tissue since 

these methods rely on static semi-homogenous samples. 

2.3.2 Multispectral Multiple Scattering Low Coherence Interferometry 

Conventional low-coherence interferometry offers near-diffraction-limited 

resolution by detecting ballistic photons from specific target layers or singly 
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backscattered photons. Therefore, deep tissue imaging is limited due to the exponential 

attenuation of the ballistic signal due to scattering. Moreover, the single-backscatter 

model does not accurately describe the propagation of coherent beams in tissue [124], as 

a significant proportion of photons passing through imaging layers experience only 

small-angle forward scattering due to relatively high anisotropy of biological tissue 

(~0.9). These low-order scattering events only affect photon propagation trajectories 

marginally, thus preserving the tissue information that these photons carry [125]. 

Further, previous studies have shown that photons with greater probing depths are 

more likely to exit the tissue surface farther away from the incident position due to these 

scattering events. Therefore, the collection of multiply scattered photons is thought to be 

improved by having a non-zero separation between the illumination beam and 

collection beam  [126, 127].  

 

Figure 2.1: Schematic diagram of ms2/LCI with a visualization of dual-axis collection. 
Adapted from [128]. 
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Building off these principles, coherence imaging using a dual-axis architecture 

was introduced by Giacomelli and Wax in 2011 [129] to address the problem of multiple 

scattering in coherence imaging. This system, referred to as multiply scattered low 

coherence interferometry (msLCI), was capable of imaging through tissue-mimicking 

scattering phantoms with photons propagating an estimated ~90 mean free paths, by 

physically separating the illumination and collection beam at oblique offset angles 

illustrated in in Figure 2.1. In a later study [130], a comprehensive analysis of the msLCI 

system's resolutions and signal attenuation characteristics was performed. In 2013 this 

technique was advanced by Mathews et al. with the implementation for Fourier domain 

detection of msLCI [131]. In particular, the new system, named multispectral multiple 

scattering low coherence interferometry (ms2/LCI), reported faster acquisition speed, 

higher sensitivity, and was capable of providing access to spectroscopic information up 

to 9 mm in biological samples  [128]. 

2.3.3 Dual-Axis Optical Coherence Tomography 

The principles of ms/2LCI have since been extended to OCT with the 

development of dual-axis optical coherence tomography (DA-OCT) [9]. To take 

advantage of the deep imaging capabilities of the ms2/LCI system, the DA-OCT was 

developed but with improved imaging speeds, capable of in vivo imaging. The design 

utilized an off-axis illumination and detection beam for preferentially detecting multiply 

scattered photons similar to its ms2/LCI predecessor. DA-OCT demonstrated a 100-fold 
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speed increase over ms2/LCI using a new beam scanning mechanism based on a 

microelectromechanical system (MEMS). A critical difference between DA-OCT and 

MS/LCI is that the dual axes intersect at a shallower depth (~1 mm) to ensure an overlap 

of the FOV at shallower depths. Combining this difference with the faster scanning 

speed, the detection priority shifts from higher to lower order multiply scattered light 

for imaging purposes. 

DA-OCT was compared to conventional OCT signals as part of a 2019 Monte 

Carlo study by Y. Zhao et al., which provided quantitative insight into how the dual-

axis architecture enables deeper tissue imaging [132]. Based on these simulations, it was 

determined that the deep-propagating signal favors an exit angle between 6-8°, twice the 

angle previously used. Such angles were predicted to optimize the rejection of photons 

scattered outside the ROI entering the collection aperture. Additionally, the Monte Carlo 

study highlighted anisotropy's role in selecting multiple scattered OCT signals. 

According to the report, the percentage of desired OCT signal-carrying photons 

increased dramatically with increasing anisotropy, from 29.2% to 40.7% SNR when g 

increased from 0.70 to 0.95, respectively. 

2.3.3.1 2.3.3.1 DA-OCT Imaging Parameters  

A detailed diffraction theory analysis [133] calculated the imaging parameters of 

DA-OCT. Similar to section 2.2.2.2, the DA-OCT PSF was evaluated based on a similar 

application in off-axis geometry applied to confocal microscopy to yield the theoretical 
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resolutions and FOVs of DA-OCT [134-136]. The intensity PSF of a dual-axis system to 

an impulse response can be expressed in the form of, 

𝐼𝐼𝐷𝐷𝐴𝐴(𝑢𝑢, 𝑣𝑣) = �� 𝐽𝐽𝑜𝑜(𝑣𝑣𝑣𝑣)𝑒𝑒−𝑖𝑖
𝑢𝑢𝜌𝜌2
2 𝜌𝜌𝜌𝜌𝜌𝜌

1

0
�
2

(2.18) 

here 𝐽𝐽𝑜𝑜 is a zero-order Bessel function, and 𝜌𝜌 is the normalized radial distance variable at 

the lens aperture. Unlike the co-axial case (equation 2.2 and equation 2.6), there is no 

simple analytical expression of the FWHM of equation 2.18 and axial measurements 

(𝐼𝐼𝐷𝐷𝐷𝐷(𝑢𝑢, 0)) were evaluated numerically. It was reported that a narrower axial response 

resulting from the dual-axis configuration reduces the axial FOV of the system. The 

effective numerical aperture (NA) of the DA-OCT system increases by 3x in the axial 

dimension as a result of offsetting the beam angle,  

𝑁𝑁𝑁𝑁𝐷𝐷𝐷𝐷 ≈  3 ∙  𝑁𝑁𝑁𝑁𝑜𝑜𝑜𝑜𝑜𝑜 . (2.19) 

When applied to equation 2.8 the resulting axial DOF suffered a ~9-fold decrease 

compared to a conventional co-axial setup. Figure 2.2 shows this effect, where the axial 

PSF of a coaxial system with 3x the NA of the current DA-OCT system is plotted. 

However, this effect was not present when used to evaluate lateral resolution, and 

equation 2.4 still accurately predicted the scatter-free lateral resolution of DA-OCT.  
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Figure 2.2: Axial response of coaxial OCT and DA-OCT. Adapted from [133]. 

Further, the coherence length of the source used (equation 2.6) still accurately 

models the axial resolution of the DA-system as coherence gating is still dominant over 

confocal gating in this geometry. However, the DA-OCT system was limited in lateral 

FOV compared to a co-axial OCT system due to its beam scanning mechanism. When 

scanning in two orthogonal directions, both illumination and collection beams must fit 

within the narrow apertures of the focusing lens and scanning optics. Due to the DA 

orientation, only one of the lateral scanning dimensions can gimbal fully about its axis. 

Therefore, the range of scan angles in the plane perpendicular to the DA beam offset is 

decreased significantly (~0.1x).  
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3 Rigid Endoscopic OCT Instrumentation for Broad 
EMIS Application 

The following chapter has been adapted from its original publication [137]. 

3.1 Introduction 

In this chapter, the spectral-domain OCT engine presented in Kim et al.'s 2018 

work [7] was adapted to generate a low-cost and portable engine for broad EMIS 

application using a standard optical borescope.  Borescopes are hand-held imaging tools 

typically made of a narrow body that can view the underlying structure of hollow 

objects. Typically, borescopes consist of an eyepiece and an objective lens mounted on a 

relay system that uses an optical or electronic relay system. Optical borescopes are 

customarily categorized into three types: those employing a single-piece rod lens with 

gradient index, those utilizing flexible fiber-optic bundles, and rigid assemblies 

employing a series of linear relay lenses. Fiber-optic bundles have poor optical 

pathlength stability and image quality and, as a result, are not well suited for coherence 

imaging, while gradient-index borescopes exhibit significant modal dispersion 

[138]. Whenever feasible, rigid borescopes will offer superior performance and reduced 

chromatic dispersion due to the use of small relay lenses [139]. 
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3.2 System Design 

3.2.1 Low Cost and Portable OCT Engine 

 

Figure 3.1: Schematic of a low-cost and portable OCT system. See text for description. 
Adapted from [7]. 

See Figure 3.1 for a schematic representation of the low-cost and portable 

spectral-domain OCT engine employed in this study.  This engine is based on an Exalos 

light source with an 840 nm center wavelength and 48 nm FWHM bandwidth. The 

engine yields a 7 μm axial resolution, 2.8 mm depth for air imaging, and 12 frames per 

second for B-scan acquisitions (512x512 pixels). At the date of publication, the total cost 

to manufacturer was $7,164 when it was first reported [7].  
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3.2.2 Endoscopic Imaging Through a Rigid Borescope 

 

Figure 3.2: Schematic illustration of Borescope-OCT system. (a.) An endoscopic low-
cost and portable OCT system enabled using a common rigid borescope. (b.)  

Visualization of borescope scanning. Inset: A relay doublet lens (f =10 mm) couples 
light with the eye-piece of a borescope across the scan range (blue and red rays) of a 

MEMS mirror. Adapted from [137]. 

To translate the scanning plane of the system, the scanning arm of the OCT 

engine was modified with a prototype rigid borescope (Foreal Spectrum). The 

dimensions of chosen borescope were: 4 mm diameter, 30 cm probe length, and a 

working distance of ~4 mm. The internal optics of the borescope were anti-reflection 

(AR) coated to minimize surface reflections for light near 840 nm. The design of the 
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borescope enables structures and cavities, previously inaccessible, to be examined at 

close range. To attach the borescope to the handheld scan head, an ergonomic scanner 

attachment was designed and 3D-printed. The engine's reference arm was extended by 

80 cm of optical fiber using a single-mode patch cable to compensate for the additional 

optical pathlength caused by the borescopes relay optics in the sample arm. See Figure 

3.2 for a visual representation of the system. In this configuration, the original system’s 

scanning optics went unaltered and featured a microelectromechanical system (MEMS) 

mirror, and a 10 mm liquid lens is used to scan and focus. 

3.3 System Performance 

The vignetting caused by scanning the OCT beam across the full aperture of the 

borescope's clear aperture (3.8 mm) caused the signal strength to decrease and resulted 

in additional field curvature. An achromatic doublet lens was introduced into the 

borescope to remedy this issue. This configuration formed an optical relay with the 

eyepiece to demagnify the scan range and reflect light from the scanner body into the 

borescope's aperture. By adjusting the radius of the liquid lens the scan plane was 

matched to the borescope back focal plane. By scanning the illumination beam of the 

borescope ~1.1 mm about the borescope's center axis, the distal scan range was 2.5 mm 

after the borescope, yielding a spot size of 10.3 μm. Refer to Figure 3.2b for a complete 

overview of the scanner.  
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Ten frames averaged (12 frames per second) were acquired in less than 1 second. 

Based on the coherence length of the source spectrum, the theoretical axial resolution 

was calculated from equation 2.6 to be 7 μm. By estimating the full width at half 

maximum (FWHM) of the A-line peak of a mirror at the borescope's focal plane, the 

axial resolution of a borescope was calculated to be 8.13 μm. Measured with a CMOS 

camera (Flea3, FLIR, 4.8 μm pixels), the system provides a lateral resolution of 10.3 μm 

FWHM. A 34.64% power loss between the scanner body and borescope output was 

observed because of the many air-spaced relay lenses in the borescope. The illumination 

source, the superluminescent diode (SLD) (Exalos), was upgraded to deliver 1.96 mW at 

the sample and a signal-to-noise ratio of 87dB to achieve higher intensity and 

performance in tissue. The spot size observed at the sample is 8.2 μm, which is the 

minimum permissible exposure as set by the American National Standards Institute 

(ANSI Z136.1), which is adequate for high-quality imaging.  

3.4 Discussion 

After the borescope was integrated into the system, the imaging performance 

was assessed. Borescope optical components caused significant dispersion within the 

group velocity, which had to be corrected using numerical methods [140]. Surface 

reflections from the internal optics of the borescope presented as imaging artifacts in the 

conjugate image field. These artifacts were significantly broadened as a result of our 

methods for dispersion correction. These were addressed through manual background 
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subtraction and offsetting the pathlength matched axial FOV from the ideal scanning 

plane of the borescope by ~500 μm.  

This approach can enable novel applications in arthroscopy, laparoscopy, and 

general surgery by extending the imaging probe within a narrow, robust housing. The 

designed reduced the distal area of the OCT scanner by 99.5%, from 4.1 x 6.7 cm2 to a 

diameter of 4 mm. The fiber-optic connection from the OCT system is directed to a 

MEMS mirror using a liquid lens. A liquid lens permits electronic control of the beam 

focus, providing an easy means of adjusting the optical imaging distance from the end of 

the borescope. The MEMS mirror can likewise be electronically controlled to create an 

arbitrary scan pattern. These components are positioned within a 3D printed housing 

which offers sufficient mechanical tolerance to interface with the borescope. The 

modular design of borescope attachment also enables custom design consideration 

across surgical applications. 

3.5 Summary 

In this chapter we present a broadly useful imaging tool for EMIS based on 

optical coherence tomography (OCT) imaging.  This work builds upon prior work from 

our laboratory that demonstrated low-cost and portable OCT technologies to advance 

this technology towards clinical utility. Using a slightly modified commercial borescope 

for endoscopic application of OCT, the distal profile of the scanner was reduced 99% to 

4mm and extended 30 mm to enable application in narrow hard to reach cavities. Our 
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design delivers a nearly isotropic resolution, 10.3 lateral μm and 8.2 μm axial, across a 

distal scan range was 2.5 mm. This design meets current needs for OCT imaging in EMIS 

by satisfying the necessary imaging and form factor criteria for incorporation into the 

current workflow in the surgery suite.   
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4 Quantification of Articular Cartilage Thickness in a 
Porcine Knee Model 

The following chapter has been adapted from its original publication [137]. 

4.1 Introduction 

In the previous chapter, a common rigid borescope was employed to extend the 

imaging plane of an OCT system. This design featured a narrow, robust form factor that 

effectively translates the image plane, enabling novel opportunities for endoscopic 

procedure such as arthroscopy. As described in section 2.1.2, late-stage osteoarthritis is 

indicated by substantial cartilage degeneration, causing pain and immobility in patients 

[141]. In addition to providing much-needed clinical information, OCT could be 

administered during routine arthroscopy as a minimally invasive way to quantify 

cartilage degradation to surgeons.  

This chapter examines the articular cartilage thickness of porcine knees using the 

borescope-based OCT system to validate its efficacy in assessing joint health. The 

compact form factor of the borescope OCT makes it a prime candidate for OA 

intervention as the design can easily be administered within the surgical OA workflow. 

Further, OCT-based measurements limit the need for excessive biopsy or needle-based 

measurements and significantly improve resolution compared to other imaging 

techniques such as ultrasound [8]. 
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4.2 Methods 

4.2.1 Sample Preparation 

 

Figure 4.1: Gross anatomical landmarks of the porcine femur. Adapted from [137]. 

Porcine cartilage was chosen as the model for investigation as during 

osteoarthritis, degraded human cartilage is thinner than healthy porcine articular 

cartilage between 0.5-2.0 mm, a thickness suitable for OCT [142]. A local vendor-

supplied cadaveric porcine forelimbs and removed muscle tissue. Ligaments and joint 

capsules remained intact.  Samples were stored at 4°C before imaging. A total of 16 

samples were measured at four different landmarks on four porcine femurs (Figure 4.1): 

the posterior and anterior femoral heads (PFH, AFH) and the lateral and medial femoral 

condyles (LFC, MFC). To facilitate later co-registration, the distal ends of the 3 mm 

imaging sites were marked with India ink.  Excised cartilage samples were removed 

using scalpels and stored at -20°C immediately after removal. 
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4.2.2 Imaging Study 

Raw OCT interferograms for each landmark were acquired and then processed 

in MATLAB using Fourier-domain OCT protocol to obtain B-scans [60]. A moving five-

pixel average filter was applied to reduce speckle noise, and signal-to-noise was 

improved by averaging ten successive B-scans. ImageJ (National Institutes of Health, 

Bethesda, MD) was used to manually measure the cartilage thickness of ten central A-

lines in each image. This value was chosen to enhance the contrast between layers 

enabling consistent analysis of a single spatial location on the sample. 

Cartilage was immediately excised from each site for mechanical thickness 

measurement after imaging. It was observed that the viscoelastic nature of cartilage 

could create deformations during measurement. As a prevention method, cartilage 

samples were laid flat in a cold storage area at -20°C without any external stress for a 

minimum of 12 hours before mechanical thickness measurements. 
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4.2.3 Image Processing and Data Analysis 

 

Figure 4.2: OCT-based thickness measurements of the anterior femoral head (AFH).  

In OCT, the depth resolution of the system can be calculated using the spectral 

bandwidth [143]. Still, to convert axial resolution in the air to the resolution in cartilage, 

you need to know the sample's refractive index. By measuring the thickness of cross-

sections of three excised pieces of porcine cartilage with a calibrated optical microscope 

and evaluating it against B-scans obtained from excised fragments of cartilage, the 

refractive index of porcine cartilage was determined experimentally. In close agreement 

with the literature, these measurements give the sample's refractive index 1.387 ± 0.01 

[144] . The physical thickness of the cartilage along each A-line was derived from the 

depth resolution of 5.86 cm in tissue (8.13 µm in air). For each image, the 10 centermost 

a-lines of each frame were averaged and normalized to calculate the thickness of the 

cartilage across each processed A-line, as visualized in Figure 4.2.  160 OCT 
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measurements were collected, including 10 from each of the four imaging landmarks 

along each femur.  Afterwards each cartilage imaging site was marked and removed 

from the sample to be measured later for a comparison study. 

After the samples were frozen, mechanical thickness measurements were 

conducted at -20°C after the samples were frozen. Four independent linear 

measurements for each marked cartilage site were measured using microcalipers 

(Mitutoyo, Kanagawa, Japan). In total, sixteen caliper measurements were recorded 

across the corresponding sites. Agreement between OCT based measurements and 

mechanical model were evaluated by paired t-test (MATLAB) and visualized by 

pairwise comparisons and Bland–Altman plot. 

4.2.4 False Color Thickness Mapping 

A false-color mapping scheme was applied to OCT data to visualize cartilage 

thickness variations. From a ten-frame averaged B-scan, the air-cartilage and cartilage-

bone interfaces were manually segmented using a custom MATLAB (MathWorks, 

Natick, MA) graphical user interface. By assuming a tissue refractive index of 1.4, a 

depth resolution of 5.86 μm in tissue was used to calculate the thickness of the cartilage 

along each A-line. To avoid non-smooth artifacts associated with the line-segment based 

segmentation scheme, a high-order polynomial was fit to the resulting thickness profile. 

A false-color map of the cartilage thickness was then overlaid on top of the segmented 
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B-scan, with the resulting image displaying structure from the B-scan while 

simultaneously guiding the eye towards thinner, potentially pathological regions.  

4.3 Results 

 

Figure 4.3: Observed thicknesses across porcine femur landmarks. (scale bars = 250 
μm). Adapted from [137]. 

In Figure 4.3, representative OCT B-scans for each landmark of interest are 

shown. The air-cartilage and cartilage-bone layers in each image are delimited by clear 

demarcation lines, which aided the analysis. The cartilage thickness was determined 

using the averaged B-scans from ten landmarks. Table 4.1 presents an overview of the 

results.  
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Table 4.1: OCT-based cartilage thickness measurments in a porcine femur 
across four distinct anotomical landmarks. 

 Sample Thickness (mm) St. Dev. 

AFH 

1 0.85 0.05 
2 0.37 0.03 
3 0.40 0.05 
4 0.55 0.02 

LFC 

1 0.92 0.01 
2 0.77 0.08 
3 1.08 0.06 
4 0.84 0.10 

PFH 

1 0.79 0.05 
2 0.77 0.03 
3 0.84 0.02 
4 0.74 0.04 

MFC 

1 0.84 0.10 
2 0.53 0.05 
3 0.89 0.02 
4 0.74 0.04 

 

There was substantial variation in articular cartilage thickness across landmarks 

and joint complexes within a landmark. Overall, the anterior femoral head exhibited the 

thinnest cartilage layer (543 ± 35 µm) and the thickest cartilage from the lateral condyle 

(903 ± 64 µm). Interestingly, the variance across samples was lower than the total 

variance across landmarks.  A standard deviation of 143 µm across all landmarks was 

significantly lower than 120 µm within landmarks but across samples measured by 

OCT. Due to this variability, the actual test of the results is paired OCT thickness with 

caliper thickness across corresponding landmarks on the same joint. On this front, the 

results were entirely satisfactory. In total, the mean absolute error for 16 imaging sites 
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was 100 µm, which is acceptable given that human pathology commonly manifests as 

cartilage degeneration on a millimeter-scale [145]. When evaluating paired t-tests 

comparing OCT thickness measurements and caliper measurements, a p-value of 0.16 

was obtained, indicating no significant difference between the techniques. Figure 4.4a 

depicts the results of all measurements with dotted lines connecting corresponding OCT 

and caliper measurements.  

 

Figure 4.4: Statistical validation of OCT-based cartilage thickness measurements. (a.) 
Paired articular thickness measurements across four anatomical landmarks using 

OCT and mechanical methods and (b.) corresponding Bland-Altman plot. Adapted 
from [137]. 

Figure 4.4b represents the Bland-Altman plot generated between OCT and 

caliper-derived measurements, comparing their difference with their mean value (to 

compare the two methods). Accordingly, the mean caliper measurement was about 80 

µm larger than the corresponding OCT measurement, which is consistent with the well-

known tissue expansion during freezing [146]. As pathology degrades cartilage on the 

millimeter scale, the 95% confidence interval of the thickness difference ranged from -
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150 µm to +310 µm, indicating the mean thickness difference will not affect clinical 

diagnosis. Further, as reports of the refractive index of articular cartilage vary by only a 

few percent [147], or a few tens of microns for a ~1 mm thick sample, I suspect that this 

variance is mainly due to physical deformation during the extraction and freezing 

process. Within the range at which OCT is feasible, no apparent trend was evident in the 

Bland-Altman plot indicating no observed biases in one method or the other across 

thicker or thinner samples. 

The false-color mapping technique was used to visualize cartilage thickness 

variations submillimeter-by-millimeter. A false-color map of cartilage thickness overlaid 

with segmented B-scans is shown in Figure 4.5.  The resulting image displays cartilage 

thickness from the segmented B-scan and guides the eye towards possible pathological 

areas through the false-color overlay of the cartilage thickness map. 
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Figure 4.5: Cartilage thickness visualized by OCT-based false-color mapping.. (scale 
bars=250 μm). Adapted from [137]. 

4.4 Discussion 

Using a novel borescope-mounted OCT device, this chapter demonstrates that 

cartilage thickness can be quantified in real-time during arthroscopy without requiring 

invasive processing. The presented results suggest that OCT may be used to evaluate 

joint cartilage [148] and its microstructural properties [116]. OCT based measurements 

accurately identified collagen-bone interfaces for samples up to 1.1 mm in thickness. The 

95% confidence interval of ~450 µm is somewhat broad despite a paired t-test showing 

no difference between the two methods. Because cartilage has a relatively constant 

refractive index, it is suspected this outcome is a result of any deformation of the sample 
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during extraction. Further, the reported confidence interval also drastically decreases to 

215 µm when a single sample is removed (LFC, Sample 1), suggesting that this sample 

may have been damaged during the excision process. Additionally, it may be that 

refraction at tissue boundaries may require additional correction for measurements of 

curvilinear surfaces [149]. However, the cartilage interfaces in this study were relatively 

smooth, so isolating the 10 center A-lines eliminates the effect of sample heterogeneity. 

The accuracy and precision of this technique may be better defined by comparing it to 

other methods such as MRI.  

This device excels at navigating irregular structures and cavities, making it more 

accessible and more helpful to use for surgery. The design of the borescope housing was 

optimized for simplify sterilization, adding another advantage to clinical adoption. The 

next generation of borescope-OCT devices will rely on design iteration based on clinical 

consultations and further optomechanical modeling to improve the lateral field of view. 

4.5 Summary 

In this chapter, a borescope-based OCT scanner was applied to measure articular 

cartilage thicknesses, up 1.1 mm, in a porcine knee model. OCT measurements against a 

standardized method for evaluating cartilage thickness were statistically interpreted 

with the results showing a high degree of agreement between the two techniques. This 

approach offers high-resolution tomograms of joint cartilage at a video rate through the 
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borescope-OCT device, which may be used for quantitative analysis of joint health 

during arthroscopic procedures.  
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5 Evaluation of Allograft Rejection in ITx Patients 
Using Handheld OCT Scanner 

The following chapter has been adapted from its original publication [98]. 

5.1 Introduction 

In this chapter, a nonhuman primate (NHP) model was used to demonstrate the 

feasibility of using the borescope-based OCT system introduced in Chapter 3 for 

monitoring transplanted small intestinal tissue.  The handheld borescope-based OCT 

instrument was validated in two studies with rhesus macaques undergoing IT.  A 

comparison of OCT results and H&E stained slides from co-registered biopsies was 

made to evaluate allograft rejection progression after transplantation.  This chapter finds 

that OCT can detect morphological signs of graft rejection in the small bowel and 

contribute to strategies that can help promote long-term intestinal graft function. 
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5.2 Methods 

5.2.1 Endoscopic OCT Instrumentation 

 

Figure 5.1: Schematic illustration of laparoscopic OCT system. Adapted from [98]. 

Studies were conducted with a spectral-domain OCT engine, first reported by 

Kim et al. [7] and later developed by others [137].  An 840 nm center wavelength and a 

48 nm FWHM bandwidth Superluminescent Diode (Exalos) were employed in the 

system.  Constant background acquisition and subtraction were applied in processing to 

mitigate intensity fluctuations caused by an uncooled source.  With a CMOS line array, 

the custom spectrometer had a high spectral resolution (<0.1 nm) and was significantly 

less sensitive to temperature and mechanical stress changes.  Combining these elements 

produces a theoretical imaging depth of 2.8 mm, and an axial resolution of 7 μm is 
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obtained by blending these elements.  OCT probe rendering (512x512 pixels) B-scans 

were rendered by the onboard small-form-factor computer (Intel) at a rate of 12 frames 

per second using a coordinated frame acquisition and beam scanning algorithm.  

The work conducted in chapters 3 and 4 adapted a rigid 30 cm borescope with a 

diameter of 4 mm to this OCT engine for endoscopic use.  An AR coating near 840 nm 

was applied to a prototype 30-degree angled rigid borescope (Foreal Spectrum) for use 

in this study.  A 20 cm long probe and a distal profile of 4 mm characterized the 

borescope.  Figure 5.1 shows the instrument schematic.  An optical fiber output from an 

OCT engine enclosure was collimated and incident on a microelectromechanical system 

(MEMS) mirror of 3.6 mm width (Mirrorcle), using a 10 mm liquid lens 

(Optotune).  Through a series of internal small relay lenses, a 4f lens relay generated the 

scan pattern at the input image plane of the borescope and relayed it to the sample plane 

at the distal end of the probe.  In addition to a variable working distance, the liquid lens 

allowed electronic focus control for the beam of light for a scanning field of ~ ±0.6 mm 

around the borescope's back aperture. This approach yielded a scan area of 2.5 mm x 2.5 

mm after the borescope.  Software written in C# enabled real-time viewing of B-scans 

and adjustments to focal planes, numerical dispersion corrections [150], and pattern 

samples. 
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5.2.2 Animal IT Model  

From Alpha Genesis (Yemassee, SC), NHP animal subjects weighing six 

kilograms were purchased. The Abdominal Transplant Group at Duke University 

performed orthotopic IT on two male rhesus macaques, hereinafter referred to as 

subjects 1 and 2. Both donor pairs and recipients had maximum major histocompatibility 

complex (MHC) class I and II mismatches. Animals were not given immunosuppressive 

treatments to study unmanipulated rejection in allogeneic IT.  A partial laparotomy was 

used to obtain intestinal biopsies on days 0, 2, and 6 after transplantation from a 

defunctionalized limb of proximal jejunum.  Optical coherence tomography (OCT) was 

performed on each biopsy as an additional means of minimal-invasive 

monitoring.  Intestinal graft failure with acute rejection was defined as the study 

endpoint.  Duke University IACUC (number: 087-19-04) approved the care and use of all 

animals. Precise guidelines for housing animals were established by the National 

Institutes of Health (NIH). 

5.2.3 NHP OCT Imaging Protocol  

NHP with IT grafts were imaged with OCT during surgical observation for this 

study.  As soon as the surgical specimens were removed, imaging technicians in surgical 

protective gear were presented with the ex vivo IT allograft specimens.  The scanning 

probe was set to a working distance of ~1 mm to provide contactless imaging of the 

biopsy.  Due to the hand-held nature of the scanning probe, the probe could be moved 
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unrestrictedly, and movements between ROIs could be made quickly and accurately.  To 

allow finer manipulation of the imaging field, operators securely held the base of the 

scanner body while placing the other hand near the distal end of the probe to increase 

stability.  All parts of the biopsy were imaged with OCT B-scans.  After post-processing, 

the 12-frame B-scans were compiled into 10-frame averages.  For later histological 

analysis, samples of the IT graft were preserved following OCT imaging. 

5.2.4 Histology 

Intestinal graft tissue biopsies were fixed in 10% neutral buffered formalin for 

processing into paraffin blocks.  Serial sections (5 µm) of paraffin blocks were made and 

stained with hematoxylin and eosin (H&E) for histological evaluation and rejection 

grading. Aperio ScanScope XT (Aperio Technologies, Inc., Vista, CA) was used to scan 

the whole slides of graft samples. Histological evaluation of the allografts was done 

blindly by expert pathologist (Alton B. Farris, Department of Pathology, Emory 

University, Atlanta, Georgia, USA).  
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5.3 Results 

5.3.1 Comparison of jujunnum and ileum 

 

Figure 5.2: OCT of the small intestine captured using a handheld surgical probe. 
Representative images from ex vivo OCT imaging of the (a.) ilium and (b.) jejunum 
from an NHP biopsy.  Red arrows indicate intestinal crypts, orange arrows indicate 

villus structure, Blue arrows indicate reflection artifacts from internal optics of 
borescope. 10-frame average; scale bars = 250  μm. Adapted from [98]. 

After tissue harvest, samples of esophageal and jejunum were imaged using the 

30 cm handheld OCT probe with a flat angle.   Figure 5.2a and Figure 5.2b shows 

representational OCT images of the healthy NHP jejunum and ileum, respectively.  As 

the intestine's mucosa is relatively uniform throughout its length, the jejunum and ileum 

of a rhesus macaque have similar structures [151].  There are clear tracings of intestinal 

villi visible in the jejunum and ileum images.  Additionally, epithelial cells are visible, 

which appear as a thin scattering band separating outer mucus layers from villi.   

Morphological differences were noted when comparing image sets from the 

jejunum and ileum.  Throughout the short intestine, villi can take on a variety of shapes, 

from finger-like structures to leaf-like structures [152].  ImageJ was used to analyze five 

randomly selected B-scans for each sample to calculate the mean and standard deviation 
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of villi thickness across the two samples.  Villi thickness varied significantly across the 

26 measurements for each sample.  Jejunum villi were generally thicker (146 ± 60 m), 

while ileum villi were thinner (108 ± 22 m).  The outcome is expected due to the high 

density of villi observed near the ileum terminus [152]. A paired t-test was conducted to 

compare matched OCT-derived villi thicknesses to measurements made from matching 

H&E images, and the p-value was 0.63. This indicates that the means of the two 

techniques do not significantly differ. 

5.3.2 Identification of intestinal landmarks  

 

Figure 5.3: Definition of intestinal landmarks by OCT and histology. OCT B-scans 
(left) with corresponding histology (right). (a.) Interior projection identifying villus 

(V) and crypts (C) of healthy intestinal mucosa. (b. & c.) Exterior projection 
identifying circular smooth muscle (CM), longitudinal smooth muscle (LM), mucosa 

(M), submucosa (SM), serous membrane (S), and myenteric plexus (MP). 10-frame 
average; scale bars = 250 μm.  Adapted from [98]. 
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As shown in Figure 5.3, 10-frame averaged OCT B-scans captured with the 

handheld DOV borescope OCT device are compared with H&E micrographs of the 

corresponding sample.  An NHP-IT surgical study took images of normal tissue 

harvested before transplant.  Compared to Figure 5.2, there is a visible increase of 5.7% 

in SNR for OCT images.  As a result of the reduced optical elements in the borescope's 

relay arm provide good contrast by reducing unwanted background intensity; this 

feature reduces the effects of external reflections and internal etaloning.  A scan along 

the borescope's angled prism does not result in non-uniform field distortion in this 

configuration. 

The epithelium is characterized morphologically by villi and crypt epithelium, 

both present along the entire length of the small intestine.  In addition to villi, crypts, or 

intestinal glands, are moat-like invaginations of the lower 20% of the epithelium and are 

the site of epithelial cell division [153].  Figure 5.3a presents an interior projection OCT 

B-scans compared to H&E images. Healthy mucosal structures were identified on the 

OCT images, including a clear separation between lamina propria and outer mucus and 

the higher-scattering epithelium of healthy villus.  As a result, OCT depth penetration 

provided sufficient information to visualize the beginning of the crypt region.  

In the interior of the small intestine, there are several layers of specialized tissue: 

the serous membrane, muscularis propria, submucosa, and mucosa.  See Figure 5.3b and 

Figure 5.3c.  In the muscularis propria, two smooth muscles act together to mediate 
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peristalsis: longitudinal and circular.  Aspects of the boundary between the inner and 

outer muscular layers are visible in OCT images acquired from the exterior of the small 

intestine.  The myenteric plexus (Auerbach's plexus), characterized by dense clusters of 

ganglion cells, can be seen between these two muscle types.  These features are well 

correlated with the OCT images of the muscularis propria.  The size distribution of the 

layers of muscularis propria varies across images.   As shown in Figure 5.3b, the outer 

muscular layer thickness has been reduced, resulting in a more noticeable contrast for 

shallower layers.  A representative image from OCT imaging and a histological analysis 

shows several thin layers of mesothelium that comprise the serous membrane.  There's 

also a clear identification of the submucosal structure in both sets, as well as the 

beginning of the mucosal layer. 
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5.3.3 Evaluation of IT graft ischemia  

 

Figure 5.4: Intestinal graft ischemia of the ileum in a NHP model.  Ex vivo OCT B-
scans (left) and corresponding histology (right) images of NHP ileum IT allograft 
ischemia. (a) External and (b) internal projections IT grafts observed at day 0 post 

transplantation. (c) External and (d) internal projections ischemic IT grafts observed at 
day 1 post transplantation. OCT B-scans (left) with corresponding histology (right). 

10-frame average; scale bars = 250 μm. Adapted from [98]. 

As a result of the NHP model, the dynamics of intestinal transplant failure 

guided observations of intestinal transplants in this study.  Subject 1 experienced graft 

ischemia the day after transplant due to a thrombus of the artery immediately following 

transplantation.  Following the sacrifice of the IT allograft on day 1, surgical samples of 

the graft were immediately removed and presented to OCT imaging technicians.  Figure 

5.4 shows examples of OCT images taken on the first day of transplantation and prior to 

expiry on the first allograft. 4.  A high degree of contrast is maintained between all 

previously identified layers of the exterior gut wall and lumen in OCT images of healthy 
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allograft samples from subject 1 (Figure 5.4a and 12b), indicating no pathology 

present.  Fig. 4b and 4c show information about ischemic IT tissue 24 hours after 

transplantation, compared with healthy tissue.  As shown in Figure 5.4c, all internal 

structures are blurred, as well as external GI walls' optical scattering.  OCT images of 

tissue damage accompanied by apoptotic changes seem to support these findings 

[154].  A lumenal projection of the same sample (Figure 5.4d) shows a frequency of 

sponge-like structures in the rejected tissues, similar to conditions seen in severe edema 

when images are taken with an OCT [155]. 

5.3.4 Evaluation of IT graft rejection 

 

Figure 5.5: Cellular biomarkers of ACR in IT grafts. Histology images from an NHP 
ITx model from day 0, 2, and 6 post-transplantation. Insets: 85×85 μm FOV 

corresponding to location indicated by a dashed box. Scale bars=250  μm. Adapted 
from [98]. 

A gradual rejection was seen in subject 2, allowing for assessment of tissue 

pathology over the entire 7-day period.  IT pathology experts at Emory University 

examined fixed and sectioned biopsy samples under hematoxylin and eosin (H&E) 

staining to visualize tissue changes and provide information for OCT identification. On 



 

65 

day 0, the intestinal mucosa showed no abnormalities.  An occasional neutrophilic crypt 

abscess and slight villous blunting were observed on day 2 after transplantation of the 

intestinal graft mucosa.  The number of apoptotic bodies was relatively low.  As a whole, 

these findings are compatible with mild to moderate (grades 1 to 2) acute cellular 

rejection (ACR); and neutrophilic crypt abscesses may represent residual symptoms of 

reperfusion injury.  On day 6 following transplantation, the intestinal graft mucosa 

showed significant injury, including crypt drop-out, epithelial sloughing, lamina propria 

hemorrhaging, and foci of frank ulceration.  It was also possible to see scattered 

apoptotic bodies in areas of preserved epithelium, as well as an intraepithelial 

lymphocyte increase.  Results from the graft biopsy were consistent with grade 3 ACR 

[156].  Histologically identified biomarkers of ACR are presented in Figure 5.5. 
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Figure 5.6: Progression of ITx in an NHP model observed by OCT.  Surgically excised 
ilium imaged day 0, 2, and 6 post-transplantation corresponding to (a.) negative, (b.) 

mild to moderate, and (c.) severe grades of ITx mediated acute cellular rejection. OCT 
B-scans (left) with corresponding histology (right). 10-frame average; scale bars = 

250 μm. Adapted from [98]. 

OCT images of subject 2 IT specimens showed apparent changes in tissue 

composition.  Figure 5.6 provides examples of OCT images from subject 2 allografts. 

Biomarkers of rejection are illustrated in Figure 5.5.  A healthy mucosa was evident in 

the OCT image at the very beginning of the transplant, on day 0 (Fig 6a).  Prominent 

features are observed with significantly reduced scattering at day 2 (grade 1 to 2 
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ACR).  There is likely inflammation of the lamina propria within the crypts and diffuse 

epithelial reactive changes in these areas. The absence of crypts, referred to as crypt 

dropout, can be confirmed by OCT. An increase in overall scattering may be attributable 

to the abundance of crypt-apoptotic bodies confluent together (Figure 5.6b).  A total 

rejection is evident by day 6 (grade 3 ACR).  The OCT image shows notable ulcerations 

in the muscle. The rejection tissues have a sponge-like structure and significant changes 

in the scattering properties.  An increased number of neutrophil infiltration and 

intraepithelial lymphocytes can be seen in corresponding H&E micrographs (Figure 

5.6c) associated with this morphology.   

5.4 Discussion 

Optical coherence tomography is presented as a novel approach for evaluating 

transplanted intestinal tissue. An endoscopic probe equipped with a rigid handpiece can 

fit into a clinical workflow to monitor grafts. During the critical early weeks following 

transplantation, the rigid borescope allows access to transplanted tissue. In addition to 

making the technology more adaptable, the 30° DOV borescope used here also increases 

throughput and SNR while improving clinical imaging. In future work, a white-light 

light source and camera fitted to the borescope's auxiliary port could be combined with 

OCT and traditional endoscopic visual or fluorescence imaging. Integrating white-light 

and OCT images will allow co-registration of the tissue sites. Further studies will also 

attempt to combine quantitative analysis of in vivo OCT images with an analysis of 
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histological structure. These data will prove invaluable for developing biomarkers using 

the NHP-IT model, given the expected tissue status range. 

OCT images of intermediate stage ACR were dominated by large homogenous 

regions within the normal mucosa, identifying lamina propria inflammation 

predominate when correlated with expert H&E investigations. According to the 

available evidence, OCT can identify ACR morphological features in real time. 

Apoptosis in crypt bodies alters epithelial morphology, density, and composition, which 

can be visualized using optical coherence tomography. The integration of OCT into post-

IT clinical workflow adds a layer of confidence toward identifying suspicious lesions, 

enabling ACR to be diagnosed and staged accurately with considerably fewer biopsies. 

In averaged B-scans, the modest acquisition speed of the OCT engine (12 B-scans 

per second) was a significant limitation of the system.  Stabilizing the distal end with the 

OCT scanner required two hands, reducing motion artifacts. The incorporation of faster 

scanning speeds in the probe and advanced image registration techniques are being 

considered to address these concerns to perform in vivo work. 

5.5 Summary 

This chapter describes the use of a handheld endoscopic tool to assess intestinal 

tissue transplants' status using OCT. This approach utilizes a rigid borescope and a 

compact form factor to adjust to the current clinical workflow of monitoring graft 

rejection during the early weeks following surgery.  OCT results from excised IT 
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samples were compared to standard H&E analysis by an expert histopathologist. OCT 

was capable of distinguishing between ilium and jejunum samples based on observed 

villi thickness, visually mapping critical landmarks of the small intestine, and 

monitoring morphological changes in the superficial layers of the small bowel in 

response to ACR mediated ITx. Using OCT, ITx tissue grades can be readily 

distinguished by eye and correspond to images of H&E stained slides from co-registered 

biopsies. The described method is a promising path towards reducing risk to patients 

from excessive and invasive biopsies procedures currently needed to monitor ITx 

accurately. 
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6 Comparison of DA-OCT Against Convention OCT at 
1.3 μm wavelengths  

The following chapter has been adapted from its original publication [157]. 

6.1 Introduction 

A new DA-OCT system built upon the approaches described in section 2.3.3 is 

presented in this chapter. This system explots the inherently reduced scattering at 1.3 

µm wavelengths in conjunction with the depth enhancement afforded by dual-axis 

geometry to significantly increase penetration depth compared with previous 

approaches [9, 158].   Section 2.3.3 describes how DA-OCT offers an appealing imaging 

method targets deeper into the skin. This technique reveals deeper structures by using 

an off-axis scanning method that uses distinct illumination and collection apertures to 

capture a more significant proportion of quasiballistic signal [9].  Although the deep 

imaging capability of the dual-axis architecture has been theoretically [132] and 

experimentally [9, 158] demonstrated, the gains of in-depth penetration have not been 

fully exploited due to the previous choice of wavelength bands, centered at 840nm and a 

limited DOF.  

In this chapter, DA-OCT was multiplexed with traditional OCT imaging to 

enable a direct comparison of performance between DA-OCT and conventional OCT to 

verify the effects of using a dual-axis scanning geometry to image deeper into turbid 

media.  To examine the penetration capabilities of the 1.3 µm DA-OCT system, 

phantoms of complex tissues and optical scattering phantoms were used as imaging 
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phantoms.  A detailed diffraction theory by Y. Zhao [133] suggests the axial response for 

DA-OCT limits the axial range over which low coherence interferometry can be 

performed [74]. The narrower axial response resulting from the dual-axis configuration 

reduces the axial DOF of the system. The primary goal is to demonstrate how dynamic 

focus and coherently summing images from different scans can reduce the effects of 

reduced DOF. This technique is called DA-DOF+ and is similar to that used in Gabor 

domain optical coherence microscopy [159].  To determine image quality for each mode, 

contrast-to-noise ratio (CNR) was used as the primary metric. CNR is similar to the 

metric signal-to-noise ratio (SNR). CNR evaluates contrast by subtracting a neighboring 

ROI term before taking the ratio, whereas SNR does not. It is essential to distinguish 

between these two situations when there is a significant bias in a particular mode, such 

as multiply scattered light scattered throughout the medium that is accepted by the 

system when its pathlength falls within one coherence length the interferometer.  
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6.2 Methods 

6.2.1 Instrument Design 

  

Figure 6.1: A schematic plot of the 1.3μm DA-OCT system. See text for description. 
Adapted from [157]. 

A schematic of the instrument of the 1.3 mm DA-OCT system with DOF+ is 

shown in Figure 15.  Using an NKT supercontinuum laser (Birkerød, Denmark) as the 

input, light from a broadband spectral-domain OCT (SD-OCT) system was filtered to a 

bandwidth ranging from 1240 to 1390 nm. Mach-Zehnder interferometers split the light 

into the sample and reference arms using a 90:10 fiber coupler (FC). Each arm of the 

interferometer contains a polarization controller (PC). A neutral density filter wheel was 

used to adjust the illumination power to approximately 15 mW. The FWHM lateral spot 

size measured was 25.0 µm when the ~4 mm beam was focused on the sample using a 

100-mm focal length lens and a tunable lens (TL) (f2 = 100-200 mm, Optotune, Dietikon, 

Switzerland). Through the TL, you can quickly scan the optical focus to create a broad 

depth of field, allowing you to compensate for the dual-axis configuration's reduced 
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axial FOV. A MEMS mirror was used for beam scanning (Mirrorcle Technologies, 

Richmond, CA). The radial beam divergence (α) of the input beam to the sample was 

1.15° (0.02 rad).  Optimal detection for photons with probing depths of 1-2 mm in tissue 

was possible by having illumination offset by 3° (0.05 rad) from the optical axis of the 

lenses [132].  Two 90:10 fiber couplers recombine the sample arm signal with that from 

the reference arm based on the light returned from the sample arm. A custom 

spectrometer with a 1307 nm center wavelength and a 98 nm bandwidth was used to 

measure the interferometer's output.  The focal length and clear aperture of the focusing 

lens determine the lateral FOV of the dual-axis system. DA-OCT uses a separate 

collection aperture with a diameter of 4 mm and an offset of ~10.5 mm (α=1.15° and 

θ=3°) mounted on a 100 mm lens with a 1-inch clear aperture. A 2.2 by 1.2 mm range in 

the transverse dimensions was considered optimal for lateral scanning on the sample 

plane.    

Here a traditional OCT scanning configuration (On-Axis OCT) is implemented 

for a comparative analysis of DA-OCT's imaging performance. A Michelson-style 

interferometer was built using the same light source and spectrometer as part of the DA-

OCT system.  An independent reference arm matched the optical path length of the On-

Axis OCT sample arm.  Scanning optics from the On-Axis OCT are multiplexed to DA-

OCT scanning arm. The scanning optics receive light output from the 50:50 fiber coupler 

with a focal length of 50 mm collimated to produce a beam of 14 mm diameter.  With 
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this geometry, there is an NA of 0.07 incident to the sample plane, closely matching the 

θ-angle of the DA-OCT system (3°).  The scanning mode is selected by flipping a mirror. 

Optical fiber connectors at the source and spectrometer junctions need to be changed to 

switch entirely between modes, and the process can take a few seconds.  

 

Figure 6.2: Custom spectrometer for 1. 3μm DA-OCT.  (a.) CAD rendering of a custom 
3D-printed spectrometer, see text for description. (b.) Simulated lateral beam profile 
at the detection plane of spectrometer, evaluated for three wavelengths (blue = 1264 
nm, green = 1313 nm, red = 1362 nm. (c.) Sensitivity response of system as a function 

of interferometry pathlength offset. 

Adapted from [157]. 

One of the most critical aspects in spectral-domain approaches to OCT image 

formation is the spectrometer, which samples the spectral interferogram to interpret the 

spatial field reflectivity of the sample.  To accurately measure the entirety of the 150 nm 

bandwidth produced by a supercontinuum laser, a custom loop configuration 

spectrometer was designed using OpticStudio (Zemax) and SolidWorks (Dassault 

Systèmes), shown in Figure 6.2a.  The custom-designed spectrometer adapts to the 

approach presented in section 3.2.1, on page 36.  In this loop-style configuration, a 
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parabolic mirror (PM) focuses light output from a single-mode fiber (SM) and directed 

using a fold plated fold-mirror (FM) onto a 200 lp/mm grating (LightSmyth, Eugene, 

OR). The grating is used to disperse the collected signal onto a 12-bit Indium gallium 

arsenide (InGaAs) line scan camera. The camera array features 2048 tall pixels sized 210 

x 10 μm and can operate at a maximum line rate of 76 kHz (Sensors Unlimited, 

Princeton, NJ).  According to ray tracing simulation, the theoretical spot size at the 

detector is diffraction limited to a 11.66 μm Airy disk at the same wavelength (Figure 

16b). This configuration achieved a maximum (zmax) imaging range of 8.9 mm with a 

pixel-limited spectral resolution of 48.8 pm.  See section 6.2.3 for a description of 

sensitivity measurements.  

6.2.2 Image Acquisition and Processing 

System components and OCT processing were controlled by custom graphical 

user interface (GUI) software developed in LabView (National Instruments, Austin, TX).  

A fixed frame rate of 20 frames per second was achieved using a data acquisition card 

(DAQ) (National Instruments, Austin, TX) to synchronize scanning of the sample beam 

with the acquisition of the InGaAs array. To improve processing speeds, 

computationally heavy processes, including fast Fourier transforms (FFTs), wavelength 

interpolation and speckle reduction, were outsourced to a graphics processor (Nvidia 

GeForce GTX 780). 
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DA-DOF+ images were captured by coordinating frame acquisition with 

selecting the focal zone within the sample.  The DAQ controlled the TL, and focal plane 

selection was calibrated by maximizing peak signal intensity for a known scattering 

layer using an imaging phantom with known spatial features. Focal zone selection was 

chosen to maximize signal-to-background values based on previous simulations [132]. 

Subsequent images were then averaged to create a fused image with an enhanced DOF. 

6.2.3 System Characterization 

Using a gold-plated mirror placed at the focus of the sample arm as an ideal 

reflector, sensitivity was calculated by finding the ratio of the peak amplitude response 

to the standard deviation of the noise. The spectral coverage of the spectrometer was 

custom-tailored to prioritize sensitivity as a function of depth (see section 2.2.3 for more 

background).  This response measured peak intensity values at increasing optical 

pathlength distances between the system’s interferometer arms.  This resulted in a 6dB 

roll-off point near 2 mm in air (Figure 15c).  Methods for measuring the point-spread 

response of the DA-OCT system after propagation through materials with different 

transport mean free paths (tMFPs) are described extensively by Y. Zhao, 2018 [133]. 

6.2.4 Production of Optical Scattering Phantoms 

To replicate optical attenuation characteristics of tissue in a controlled 

experiment, hydrogel-based phantoms were created using a combination of Intralipid 

(1% by weight), gelatin (10%), sodium azide (<<1%), and water (89%).  This 
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concentration was selected to obtain a reduced scattering coefficient (𝜇𝜇′𝑠𝑠) of ∼10 cm−1 

(i.e., tMFP ≈ 1/𝜇𝜇′𝑠𝑠 of ~ 1 mm @ 532 nm) as determined by Lai et al. 2014 [28].  All regents 

were purchased from Sigma–Aldrich, St. Louis, Missouri: Gelatin from porcine skin 

(#G2500; gel strength 300, Type A), Intralipid® (#I141-100ML; 20%, emulsion), and 

sodium azide (#S2002). 

Calibrated step-phantoms were designed to enable identification of graduated 

landmarks which can be qualitatively and quantitatively used to evaluate image 

performance across depth.  Phantoms were fabricated using 3D printed negative molds 

featuring 250 µm steps descending in the axial dimension over a range of 0-6 mm deep.  

Molds were printed using an SLA-based printer (Form2) using Tough V5 resin 

(#F2TOTL05) from Form Labs, Somerville, MA.  This combination resulted in a printing 

resolution of 150 µm and 25 µm in the lateral and axial dimensions, respectively.  

Gelatin solution was heated above its melting point of 35°C and then poured into the 

step phantom.  To prevent surface deformation, a glass microscope slide was coated 

with a silicone-based release agent and pressed against the mold during curing at 4°C, 

then removed before imaging. 

Although Intralipid closely matches the scattering coefficient of skin in the 

visible spectrum, it does not match the phase scattering properties of tissue at longer 

wavelengths. Intralipid is reported to have an average particle diameter averages less 

than ~450 nm and anisotropy (g) at λ = 1.3 µm near 0.35. To accurately model the 
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forward scattering of tissue at (g = 0.9 at λ =  1.3 µm [160]), the previously described 

hydrogel scattering phantom solution was doped with 25 μm polystyrene microspheres 

(#64165; Polysciences, Warrington, PA).  The inclusion of the more prominent scatterers 

at this diameter increases the anisotropy of the solution to g ~ 0.9 (λ ~ 1.3 µm) and 

𝜇𝜇′𝑠𝑠 ~16 cm−1a and b according to simulations using MiePlot v4.6. Scattering phantoms in 

a 3D printed step mold is provided as Figure 6.3. 

 

Figure 6.3: Calibrated optical scattering step phantoms. (a.) CAD model of step-
phantom mold. (b.) 3D printed step-phantom with an intralipid based solution. (c.) 

3D printed step-phantom with an intralipid based solution doped with 25 μm 
polystyrene microsphere to promote forward scattering. Adapted from [157]. 

6.2.5 Animal Imaging Protocol 

Three wild-type mice (C57BL/6J) were purchased from Jackson Laboratories and 

maintained through in-house breeding by the Roper Lab at Duke University’s School of 

Medicine.  Isoflurane was used to anesthetize mice before sacrifice and a chemical 

depilatory agent (Nair; Church & Dwight, Ewing, NJ) was used for hair removal.  

Protocols were approved and overseen by the Institutional Animal Care and Use 

Committee at Duke University [157]. 
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6.2.6 DA-OCT Performance Comparison Against Conventional OCT 

DA-OCT images were compared with conventional OCT images on a complex 

tissue model (TSC-10; Simulab, Seattle, WA), representing several layers of synthetic 

skin, fat, fascia, and pre-peritoneal fat.  A 28-gauge 8 mm long insulin needle (Easy 

Touch, Houston, TX) was first inserted into the phantom before imaging. Without 

external supports, the needle was stable within the tissue phantom at a fixed angle, 

despite the weight applied by the attached syringe causing a slight protrusion of the 

surface.  The system's focal plane was positioned 500 μm below the phantom's surface. 

The sample was imaged using a single-axis translation stage fitted with a 25 mm travel 

micrometer head (#150-811ST; Thor Labs, Newton, NJ) to capture a broader field of 

view.  The needle was inserted with the insertion profile carefully followed throughout 

the 10 frames of the average B-scans.  Both scan types were performed for On-Axis OCT 

and dual-axis configurations across the same ROI.  DA-DOF+ imaging was performed 

by scanning the optical focus of the DA-OCT system from 500 µm to 1400 µm within the 

sample at ten 100 µm increments.  According to prior modeling, this region was chosen 

to maximize signal-to-background values [132].  These images were then averaged to 

create a fused image with an enhanced DOF.  

Using manual segmentation, the needle interface and surface profiles were 

interpolated to account for the nonlinear surface profile caused by the syringe's weight 

resting in the sample. Assuming 𝜇𝜇𝑠𝑠 and 𝜇𝜇𝑚𝑚 are the mean pixel count of the of the needle 
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profile and surrounding media, and 𝜎𝜎𝑠𝑠 and 𝜎𝜎𝑚𝑚 are the standard deviation of the 

surrounding media, the contrast-to-noise ratio (CNR) was calculated at each point along 

the traced path of the needle using the equation  

CNR =  
|𝜇𝜇𝑠𝑠 − 𝜇𝜇𝑚𝑚|

�𝜎𝜎𝑠𝑠2 + 𝜎𝜎𝑚𝑚2
. (6.1) 

The metric half-maximum CNR imaging depth (HCID) was created to quantify CNR 

with depth across various imaging modes. These values correspond to half of the 

maximum observed CNR value in terms of imaging depth.  Visual inspection alone 

suggests that needle-phantom intensity values are higher for DA-OCT, especially 

around 500 μm beneath the surface of the phantom, where both systems have their 

optical focus. 

An approach similar to previous needle experiments was used for step phantom 

imaging and murine experiments. The features of the descending steps were scanned 

with 0.32 mm lateral spacing perpendicularly to the OCT B-scans acquired over 10-

frames. Background signals were recorded 20 pixels above the interface of the scattering 

media and step-phantom.   The imaging of the murine dorsum was carried out along the 

midline, roughly at the level of the scapulae. OCT scanning was performed 

perpendicular to the needle insertion acquired at 1 mm intervals along the insertion 

direction. The lens was focused at 500 μm, 750 μm, and 1000 μm during consecutive 

imaging frames to achieve enhanced DOF imaging. These images were compiled to 

create a 10-frame averaged B-scan with an enhanced depth of field. The black points 
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within a single frame were thresholded to improve contrast and reduce background 

noise for standardized comparison. The calibrated signal histogram was fitted to a 

Gaussian distribution and calibrated subsequent imaging based on a previously 

developed method or histogram matching [161]. 

6.3 Results 

6.3.1 DA-OCT Imaging Performance at 1.3 µm  

System sensitivity of the DA-OCT system to an ideal reflector was 107 dB. The 

6dB spectrometer sensitivity roll-off of point was 2 mm. The theoretical scatter-free axial 

resolution of the DA-OCT system was 7.6 μm in air based on the coherence length of the 

light source [31].  The measured axial resolution for the DA-OCT system was 11.1 μm in 

air.   

The DA-OCT system's theoretical lateral point spread response is described in 

detail by [98, 133]. From this assumption, the theoretical lateral resolution was calculated 

to be 24.1 μm and confirmed experimentally to be 25.0 μm in air.  However, this value 

does not account for multiple scattering effects on the DA-OCT’s point spread function.  

This effect is modeled theoretically by [133] and experimentally validated using three 

biological samples with various tMFPs in [137]. In brief, both the axial and lateral 

resolution of the DA-OCT system degrades by a factor of 4-5x after propagating 5-6 

tMFPs in highly scattering tissues. 
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6.3.2 Dynamic Focusing Using a Tunable Lens 

 

Figure 6.4: Dynamic focusing applied to DA-OCT in tissue-mimicking 
phantoms. 10-frame averaged composite images (left) and corresponding CNR 

analysis with respect to needle penetration (right). (a.) A needle penetrating a surgical 
tissue phantom is imaged by both DA-OCT and On-Axis. (b.) The same ROI is 

imaged using a method for enhanced DOF by both DA-OCT and On-Axis OCT. Scale 
bars = 1 mm. Adapted from [157]. 

The results presented in Figure 6.4a, compare the ability of DA-OCT and On-

Axis OCT to visualize a 28-gauge pen needle penetrating a surgical phantom mimicking 

the layers of human skin with a needle to background CNR measurements plotted 

against depth. Across both images, the needle is visible at the penetration point and 

slowly loses intensity as the profile extends into the sample.  Visually inspecting the 
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photos, its suggested that the intensity values of the needle in the DA-OCT images 

appear stronger, particularly at a depth near 500 µm closest to the focal plane of the 

system. However, the CNR measurements show no significant advantage across both 

scanning modes as the HCID values for DA-OCT and On-Axis OCT are 1.35 mm and 

1.33 mm, respectively.  

Figure 6.4b shows the same ROI when the method for an enhanced depth of field 

is applied.  When an enhanced DOF is applied to both OCT (OCT+) and DA-OCT, the 

qualitative assessment shows a modest improvement in depth performance for DA-

DOF+ against the other imaging modes. According to DA-OCT and On-Axis OCT 

results using an enhanced DOF, the corresponding HCID values were 1.53 mm and 1.18 

mm, respectively.  This translates to a 29.7% increase in CNR fall-off versus depth for 

DA-OCT over standard OCT and to a 15.0% increase over On-Axis OCT with an 

enhanced DOF. 
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6.3.3 DA-OCT Imaging of Highly Forward Scattering Media  

 

Figure 6.5: Evaluation of DA-OCT in forward scattering media. (a.) A calibrated step-
phantom featuring (250 ± 25 µm steps) filled with a intralipid hydrogel solution (g ~ 
0.35) imaged using DA-OCT, On-Axis OCT, and DA-OCT+ with (b.) corresponding 

CNR analysis. (c.) A calibrated step-phantom featuring (250 ± 25 µm steps) filled with 
a forward scattering intralipid hydrogel solution (g ~ 0.90) imaged using DA-OCT, 
On-Axis OCT, and DA-OCT+ with (d.) corresponding CNR analysis. Dashed lines 
indicate measured HCID values. CNR data fit to Gaussian curves for visualization. 

10-frame averaged composite images. Scale bars = 1 mm. Adapted from [157]. 

An Intralipid-based hydrogel phantom (𝜇𝜇′𝑠𝑠 ∼1 mm−1; g ~ 0.35), calibrated in 

depth using a step-phantom mold, was imaged in DA-OCT, On-Axis OCT, and DA-

DOF+ modes to interpret the results of the previous section.  Images of representative 
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penetration depths are plotted along with the corresponding CNR measurements in 

Figure 6.5a-b.  To parametrize CNR measurements, a Gaussian curve was fitted with R2 

(goodness of fit) values of 0.95, 0.95, and 0.91, respectively, for DA-OCT, On-Axis OCT, 

and DA-DOF+. On-axis OCT, DA-DOF+, and DA-OCT HCID threshold points were 

measured at 1.75mm, 1.76mm, and 2.07mm, respectively. This means that non-DOF+ 

DA-OCT does not improve (in fact, it decreases slightly) over On-Axis DA-OCT, but 

DA-DOF+ improves 17.0% over On-Axis DA-OCT.  

A hydrogel phantom was produced and imaged in the same modes as a living 

tissue to simulate the scattering characteristics at 1.3 μm (𝜇𝜇′𝑠𝑠 ~1.6 mm−1; g ~ 0.9) with 

increased forward anisotropy. The CNR measurements and representative images are 

shown in Figure 6.5c-d.  Gaussian curve fitting was used again for improved 

visualization, with R2 values of 0.98, 0.87, 0.92 respectively for DA-OCT, On-Axis OCT, 

and DA-DOF+.  The corresponding HCID values for DA-OCT, On-Axis OCT, and DA-

DOF+ were 1.73 mm, 1.82 mm, and 2.38 mm, respectively. Similar to the previous case 

involving low orders of anisotropy, no DA depth enhancement was observed in the 

absence of DOF+. Importantly for DA-DOF+, the CNR-equivalent depth increased by 

31% over On-Axis OCT.   
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6.3.4 In-vivo DA-OCT Imaging 

 

Figure 6.6: In vivo comparison of DA-OCT vs on-axis OCT in a murine skin model. 
Four imaging modes were used to measure OCT sensitivity to a 28-gauge needle 

inserted into the skin of a mouse: (a) On-Axis OCT, (b) DA-OCT, (c) On-Axis with 
DOF+, and (d) DA-DOF+. Averaged intensity profiles (N=10) correspond to colored 

ROIs shown. (e) Illustration of the needle insertion site near the midline of the 



 

87 

dorsum. OCT scanning orientation (red lines) at three distinct sampling sites (s1-s3) 1 
mm apart. (f.) Corresponding CNR analysis. Scale bars = 1 mm. Adapted from [157]. 

To validate the above findings, a mouse skin model was used to trace a needle's 

CNR profile in turbid media.  Figure 6.6 shows an OCT image taken using On-Axis OCT 

and DA-DOF+ with a lateral projection perpendicular to the needle insertion.  Various 

stages of needle penetration are demonstrated on different slices separated by 1mm. The 

DA system increased the amount of specular reflection. As illumination and detection 

apertures were narrower, a plane reflector had a smaller depth range over which it 

could reflect the illumination beam directly into the detection aperture. As shown by the 

mean CNR and standard deviation of three repeated trials, On-Axis OCT and needle 

penetration perform nearly identically before penetration; however, needle signals 

diminish rapidly after insertion for On-Axis OCT. A strong needle signal can be detected 

using DA-DOF+ at 1.5mm, but On-Axis OCT shows little signal. Through 2.5mm of 

penetration depth, the signal in DA-DOF+ is detectable into highly scattering tissue. 

Using a paired t-test across three experiments with N = 3 to compare both imaging 

methods, a p-value of 0.03 indicates a significant difference between them in imaging 

superficial needle signal. 

6.4 Discussion 

This chapter presents a novel 1.3 μm DA-OCT system for deep tissue imaging, 

demonstrated imaging depths near 2 mm in skin tissue and sensitivity to highly 

reflective objects at even greater depths. When compared with conventional On-Axis 
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OCT, the dual-axis architecture significantly enhanced penetration capability. When no 

scattering tissue was present, the resolution of the DA-OCT system was found to be 

similar to that of a conventional co-axial OCT system. As long as the NA of the beam 

and the offset angle (θ) were negligible, the dual-axis architecture has little impact on 

the resolution.  It is important to keep in mind that by applying DOF enhancement 

contrast from deep objects was preserved, despite the narrower axial response resulting 

from the dual-axis configuration.  

CNR was used to test DA-OCT's depth profiling ability as a metric for 

comparison.  For experiments with a needle embedded in an artificial surgical tissue 

phantom, no significant difference between DA-OCT and On-Axis OCT was found 

without focal zone adjustment.  DA-OCT systems have an advantage in signal-to-

background (thus having better image contrast) at 1-2 mm into the skin compared to co-

axial systems. However, such an advantage depends on maintaining overlapping 

illumination and detection beam foci. The tunable lens was used to implement focus 

tracking, which resulted in an enhanced Depth of Field for On-Axis OCT and DA-OCT. 

Resultantly, DA-OCT with an enhanced DOF provided a 30% improvement in HCID 

fall-off over On-Axis OCT. 

In spite of DA-OCT imaging demonstrating improved image penetration using 

an enhanced DOF, the surgical phantom was composed of synthetic materials with 

unknown optical properties. The use of calibrated step-phantoms with an Intralipid-
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based hydrogel enabled with known scattering properties yielded deeper insight. The 

HCID value over DA-OCT increased by 17% only when using DA-DOF+ in the presence 

of multiple scattering. It follows that samples exhibiting isotropic scattering will not 

benefit from DA-OCT imaging because the technique relies on detecting information-

carrying photons scattered at small angles, as occurs in biological tissue.  Increased 

scattering anisotropy gained from the addition of 25 mm polystyrene microspheres 

improved the depth performance of DA-DOF+ by 15% and increased the CNR fall-off 

depth by 31% when compared to conventional OCT.  DA-OCT benefits are optimized 

only in tissues with a high degree of anisotropy, such as many epithelial tissues. 

Therefore, a potential pitfall exists when applying DA-OCT to longer wavelengths in the 

NIR. Although longer wavelengths increase penetration due to decreased scattering, 

anisotropy typically decreases as well, potentially minimizing the additional benefit. 

As demonstrated by these results, DA-OCT has shown to be highly effective in 

imaging situations in vivo.  A conventional on-axis OCT system struggles to 

differentiate between a photon that interacts with the needle surface from one that has 

traveled the same optical path following several scattering events. After implanting a 

needle into tissue, the position of the needle was located down to a depth of 2.5 mm.  

Through the displacement of the detection aperture relative to the illumination, DA-

OCT can detect photons that have been lightly scattered by needle surfaces while 

reducing the contributions from photons with large scattering angles. Anatomical 
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scanning and implant placement can be monitored with DA-OCT, as can the insertion of 

a stimulation electrode or the monitoring of implant placement. 

6.5 Summary 

DA-OCT technology enables deeper imaging in highly scattering media with 1.3 

μm wavelengths and an increased depth of field using dynamic focusing.  A custom 

spectrometer and broadband filtering scheme were applied to produce a system 

optimized for deep tissue imaging producing an 11 µm axial resolution, 107 dB 

sensitivity, and a reported 6 dB falloff past 2 mm in air. An enhanced DOF approach was 

applied to DA-OCT, yielding a 29.7% increase in CNR fall-off versus standard OCT. 

Further, the importance of forward scattering events required for DA-OCT to maintain 

its depth imaging advantage is discussed. The imaging performance of DA-DOF 

increased 31% over conventional OCT When the scattering anisotropy of the sample was 

increased to biologically relevant values. Thus, DA-OCT can achieve superior imaging 

performance when multiple forward scattering events are present, as demonstrated in a 

mouse model where the observable signal from a subcutaneous needle was measured 

past 2.5 mm in skin. Further research may allow imaging of tissues with substantial 

forward scattering, such as the brain and breast, to significantly benefit from these 

techniques. 
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7 Handheld and Portable Deep-Imaging OCT 
Instrumentation 
7.1 Introduction 

The primary focus of this chapter is to integrate advances in low-cost endoscopic 

OCT instrumentation and DA-OCT technology to develop a portable and handheld 

deep-imaging OCT instrument that can easily maneuver the oral cavity.  Previous 

examples of DA-OCT (see section 2.3.3 and chapter 6) were primarily intended to 

validate and test the depth-imaging capabilities of the technology. These devices were 

developed in a controlled research environment with state-of-the-art optical components 

and precision optomechanics to maintain the high optical tolerances and sensitivity 

required for DA-OCT. In this chapter, several new design elements for DA-OCT are 

implemented in an effort to drive system performance, portability, and costs to the point 

that is more suitable to encourage EMIS adoption.  

In order for DA-OCT to be used in the dental market, the profile of the OCT 

scanner must extend ~90 mm to be able to reach the back of the oral cavity and must be 

side viewing instead of forward viewing. First, an SLD replaces a supercontinuum light 

source, significantly increasing system portability while also substantially reducing the 

overall manufacturing cost of the system.  Reconfiguring the system’s custom 

spectrometer doubled the maximum one-sided imaging depth by increasing spectral 

resolution by 48%. Additionally, previous examples of DA-OCT suffered from a reduced 

working distance resulting from the geometry of the scanning design, limiting the 
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systems working to ~ 10 mm.  To address this, a new endoscopic scanning approach was 

devised using a 4f telescope to extend the scan plane for dental imaging. By imaging 

both normal and reconstructed dental tissues in ex vivo and in vivo samples, the device 

is shown to be a valid tool for better visualization of the oral cavity during DIS. 

7.2 Methods 

7.2.1 Instrument Design 

7.2.1.1 Portable OCT Engine 

 

Figure 7.1: Schematic of low cost and portable 1.3μm DA-OCT engine. See text for 
details. 

The approach for a portable 1.3 μm DA-OCT engine is a modified version of the 

instrument presented in chapter 6 and is presented as Figure 7.1. NIR-II light from a 

SLED (λ = 1285-1343 nm) (Exalos AG,  Schlieren, Switzerland) is passed through a fiber 

isolator (I) and coupled into a 90:10 fiber coupler (FC1) generating the sample and 

reference arms for a Mach-Zehnder type interferometer.  Light returned from the sample 

arm is combined with reference arm signal by a second 90:10 fiber coupler (FC2) and 

incident on a custom spectrometer (CS) with a spectral coverage of 63 nm. When paired 
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with the source this produces a pixel limited spectral resolution of 47.1 pm. Custom 

software developed by an external consultant (Brian Cox, Lumedica, Inc., Durham, NC) 

was operated from an onboard small-form-factor (SFX) computer (Intel). This design 

signals a custom controller board (CB) via USB-3 to coordinate frame acquisition at a 

line rate of 16 kHz. Stacks of 30 images were recorded at each acquisition at a rate of 

31.25 fps for later registration and averaging (see section 7.2.2) to account for motion 

artifacts during in vivo imaging. The CB synchronizes MEMS scanning with an InGaAs 

line array acquisition.  The CB also controls the tunable lens (Corning Varioptic, Lyon, 

France) to position the focal zone at z = 0-3 mm beneath the sample surface per FOV.  

The reference arm contains a motorized stage that can be moved via an electronic 

control signal from the computer.  The reference arm was designed to use the motor 

from an optical drive (CD-ROM/DVD) which actuates a retroreflector mounted on a 

lightweight 3D printed part.  The dynamic reference arm allows sufficient range in the 

coherence gate to enable OCT imaging over a range of depths without repositioning the 

probe or compensating for several centimeters of probe motion.  Each arm contains a 

polarization controller (PC) fabricated using 3D printing.  The dimensions of the final 

engine enclosure are 19 W x 33 D x 15 H cm3 weighing 2.7 kg. 

7.2.1.2 Deep Imaging Scanner 

The heart of the DA-OCT innovation is a novel scanner design for illuminating 

the sample and collecting the back scattered light using distinct apertures.  The sample 
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arm in Figure 6.1 (section 6.2.1) was adapted for handheld imaging to implement this 

scanner in a cost-effective, compact package.  An optical sequential ray-tracing 

simulation (Zemax) is presented in Figure 7.2.   

 

Figure 7.2: Ray tracing diagram (Zemax) of a handheld deep-imaging scanner. See text 
for details. 

To date, almost all commercial OCT systems use a standard co-aligned 

illumination and collection path architecture.  For DA-OCT, light from a single-mode 

fiber is collimated by an achromatic lens (f1) into a ~4 mm beam, which is presented 6 

mm off-axis to a 1” achromatic lens (f2) and passed through a tunable lens (TL) which 

allows quick for axial scanning of the optical focus.  This geometry is chosen to present 

the input beam to the sample at θ = 3°, providing optimal detection for photons with 

probing depths >1 mm in tissue [132].  Lateral beam scanning is performed using a 4.6 

mm diameter MEMS (Mirrorcle Tech.) mirror. The increased diameter of the reflecting 

MEMS and TL from previous designs (4.6 mm and 5.8 mm, respectively) allows for 
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placement of the sample field ~55 mm past the last surface of MEMS.  A 4f telescoping 

system extends the distal end 96 mm, a suitable distance for reaching the back of the oral 

cavity (see section 7.2.1.3 for more detail).   

In this implementation, the collection fiber is mounted on a small X/Y translation 

mount (PN: MCXY05, Thorlabs, Newton, NJ) inside the scanner. This mechanism 

provides the required alignment flexibility required to maintain co-alignment between 

the optical illumination path and optical collection path for DA- OCT, which must be co-

aligned within a few microradians. Using this stage, pre-imaging alignment may be 

applied to optimize the return signal generated from a known test phantom.  The 

handheld deep-imaging device for dental surgery is presented in Figure 7.3.   

 

Figure 7.3: DA-OCT dental system. (a.) Benchtop endoscopic DA-OCT engine (13 × 2.5 
× 6 in3, 6 lbs.) (b.) Internal components of handheld DA- scanner. (c.) DA-OCT scanner 

with dental probe. 
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7.2.1.3 Dental Probe for DA-OCT 

 

Figure 7.4: DA-OCT dental probe. (a.) Cross sectional projection of CAD model of 
dental probe for DA-OCT with collection and illumination ray paths. (b.) Exterior 
CAD model of dental probe for DA-OCT. (c.) Photo of dental probe for DA-OCT. 

A custom optical probe for DA-OCT was developed to relay the scanning plane 

of the DA-OCT system 96 mm. A 4f telescoping system comprised of two NIR-II AR-

coated achromatic lenses (⌀ = 6mm, f = 24mm) extends the distal end of the scanner. The 

optics were mounted internally within precision stainless steel tubing (0.259" OD, 0.01"± 

0.002" wall thickness). Secondary tubing (0.238" OD, 0.01"± 0.002" wall thickness) was 

used as fixed spacing element separating f1 & f2. A custom probe tip was 3D printed 

using a biocompatible dental-grade resin (FormLabs, Somerville, MA) to mount a 

reflective coated prism (CP). The prism directs the beam at a 45°- angle such that the 

imaging plane is perpendicular to the probe. The paddle was fitted with an AR-coated 

rectangular sapphire optical window (SW) (Guild Optics, Amherst, NH). The proximal 
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end of the probe is fitted with a custom 3D-printed mount that allows the probe to be 

mounted to a standard ½” optical lens tube (PN: SM05, ThorLabs). The two ends of the 

probe are capped by the probe tip and mount, which maintain alignment of the optics 

when fixed with USP Class VI biocompatible adhesive (Norland, Monroe Township, 

NJ). The seams between components were sealed with biocompatible USP Class VI 

biocompatible adhesive (Masterbond, Hackensack, NJ). 

7.2.2 Image Post Processing 

Custom python software (Perry Wang, VQ Enhance, Lumedica, Inc., Durham, 

NC) was applied to register successive B-scans in the presence of translational and 

rotational movement to account for the effects of both patient and probe motion.  This 

software was based on an FFT phase correlation approach described by B. Srinivasa 

Reddy and B. N. Chatterji [162]. In short, images within a stack of B-scans are registered 

to the desired base image and then selected for averaging using a threshold based on the 

magnitude of a final phase correlation calculation. All OCT B-scans presented in this 

chapter represent 10-frame averaged data. Dynamic range adjustments were optimized 

by signal histogram fitting as described in section 6.2.6. Depth penetration was 

measured manually using imageJ. 

7.2.3 Dental Model 

Two excised human molars were provided through collaboration with the 

Clinician's Report Foundation (Provo, UT) for this study. Sample 1 represents healthy 
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dental tissue with no visible issues or dental reconstruction, see Figure 7.5a. Examples of 

dental restoration are provided from Sample 2. The occlusal surface of sample 2 features 

three distinct composite restorations comprising 99% hydroxyapatite, as visualized in 

Figure 7.5b. The mesial surface of sample 2 is presented in Figure 7.5c and shows signs 

of secondary decay from existing restorations and suspected subsurface cracking. 

 

Figure 7.5: Ex vivo dental model. (a.) Normal-type excised human molar with no prior 
reconstruction. (b.) Occlusal surface of a human molar with three distinct zones of 
prior restoration. (c.) Mesial surface of a human molar with suspected secondary 

decay near the cementoenamel junction. 

In vivo measurements were conducted on a 34-year old male volunteer with a 

history of previous dental reconstruction of the upper incisors, UNS (universal 

numbering system) 7-10. OCT imaging of repaired dental work was performed on upper 

central incisor UNS 8. Imaging of normal-type teeth was performed on the same 

subject’s lower central incisor UNS 24.  

The refractive indices used for enamel was 1.631±0.007 and dentin 1.540±0.013 as 

reported by [163]. The refractive index of hydroxyapatite used was 1.648±0.004 [164].  
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7.3 Results 

7.3.1 Imaging Performance 

The source spectrum featured a spectral bandwidth of 60.0 nm by FWHM 

centered at 1313.0 nm, as reported by the SLD manufacturer. The theoretical coherence 

length of the source was calculated from equation 2.6 to be 19.86 μm. Theoretical values 

were experientially confirmed by measuring the peak axial response to an ideal reflector 

placed in the sample plane. The axial resolution of the dental probe was estimated to be 

20.6 μm FWHM. The spectral bandwidth of the custom spectrometer was 63 nm across 

1024 pixels, using equation 2.16, this corresponds to a theoretical imaging range of 7.86 

mm in air and axial pixel dimension of 15.36 μm. The 6dB sensitivity fall-off of the 

system was 3.1 mm in air. The lateral spot size of the focused beam was 25.3 μm FWHM. 

It was observed that the full range of scanning angles from the MEMS mirror provides 

sufficient coverage to overscan the circular aperture of the dental probe. This effect 

resulted in a circular field of view at the sample plane 3.2 mm in diameter. We observed 

a 44.64% power loss between the input of the scanner body and probe output; however, 

5.23 mW of power was consistently delivered to the sample, corresponding to a peak 

sensitivity of 81 dB at the detector.  
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7.3.2 Dental Imaging 

 

Figure 7.6: Ex vivo dental DA-OCT imaging. (a.) OCT b-scans of the occlusal surface 
of normal human molar imaged corresponding region indicated by dark green line. 

(b.) OCT b-scans of the mesial surface of normal human molar imaged corresponding 
region indicated by light green line. (c.) OCT b-scans of the occlusal surface of a 

reconstructed molar imaged corresponding region indicated by red line. (d.) OCT b-
scans of the medial surface of reconstructed human molar imaged corresponding 

region indicated by green line. Abbreviations used: Enamel (E), Dentin (D), 
Composite Filling (F), Secondary Decay (SD), and Crack (C). Scale bars = 1mm. 

Samples of excised human molars were imaged using the handheld deep 

imaging dental OCT probe.  Figure 7.6a and Figure 7.6b shows representational images 

of the healthy dental tissue and corresponding OCT B-scans, of both the occlusal surface 

and mesial/distal surface respectively. By assuming an average refractive index of dental 

tissues of 1.6, a depth calibration of 9.6 μm/pixel in teeth was used to calculate signal 

penetration depths from OCT data. A maximum OCT imaging depth of 2.7 mm and 2.9 

mm is reported for Figure 7.6a and Figure 7.6b respectively.  
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The exterior anatomy of the human tooth is composed of three hard dental 

tissues —enamel, dentin and cementum. The occlusal crown of the tooth is comprised of 

bone-like dentin covered in a layer of enamel which varies greatly in thickness 

depending on the size of the teeth [165] and sex [166], but typically range from 1-2 mm 

[167]. The complex topography of the occlusal surface is clearly outlined in Figure 7.6a 

and clear variations of the internal structure of the molar are visualized. Figure 7.6b, 

shows a clear demarcation between a thinning superficial layer of enamel as it 

approaches the cementoenamel junction atop a highly scattering layer of dentin.  

Figure 7.6c and Figure 7.6d shows representational images of the severely 

reconstructed molars and corresponding OCT B-scans, of both the occlusal surface and 

distal surface respectively. In Figure 7.6c a clear distinction in between the brightly 

scattering composite restoration and enamel penetrating past 2.8 mm. Images from the 

mesial surface of the sample show a non-homogenous layer with faint porous features, 

evidence of secondary decay in the presence of existing restoration. This is more evident 

in Figure 7.6c by the highly the presence of a non-smooth crack feature situated 2.9 mm 

beneath the composite filling. 
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Figure 7.7: In vivo dental DA-OCT imaging. (a.) Locations of OCT ROIs from an adult 
subject with prior reconstruction of the upper central incisors. (b.) OCT b-scan of 

UNS 24 with no history of dental reconstruction, ROI indicated by purple line. (c.) 
OCT b-scan of UNS 8 with previous dental reconstruction. ROI indicated by blue 
line. Abbreviations used: Enamel (E), Dentin (D), Composite Filling (F). 10-frame 

average; Scale bars = 1mm. 

Human incisors were imaged in vivo using the handheld deep imaging dental 

OCT probe and presented as Figure 7.7. The entire thickness of the lower central incisor 

is shown in Figure 7.7b measuring ~1.5 mm thick. From visual inspection of the OCT 

image, there are no signs of previous dental surgery. Two healthy layers of enamel 

surround a 0.15 mm layer of dentin. In Figure 7.7c, an OCT B-scan of upper central 

incisor shows both enamel and dental layers as well as the boundary between UNS 8 

and 9. As indicated earlier the subject had previously undergone composite 

reconstruction of the upper incisors. This is visually apparent by a contrasting layer of 

dental filling within the image.  

7.4 Discussion 

Although DA-OCT has been reported in research settings, it has yet to be 

realized in a form suitable for clinical adoption. Due to the unique scanning geometry of 

DA-OCT and an absence of viable optical beam-scanning options at the time, previous 
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iterations of DA-OCT have been constrained to breadboard prototypes on optics tables 

and limited to small working distances. Improvements in working distance and scan 

range presented in this chapter are primarily enabled by commercial advances in larger 

aperture MEMS mirrors and focus tunable lenses. As a result of these optics, the MEMS 

mirror can be further away from the focus and thus increase the scanning range.  The 

theoretical maximum lateral scan range is now 6 mm, although in this configuration the 

lateral scan is optimized for contact imaging with dental surfaces. The completed device 

presented in this chapter makes significant strides towards adapting DA-OCT for the 

surgical suite.  

The goal of this chapter was to integrate design features from previous 

applications of endoscopic OCT and build a DA-OCT scanner for the oral cavity. Based 

on discussions with dental surgeons (Clinician's Report, Provo, UT), the target size for 

the endoscopic portion of the scanner that enters the oral cavity should be less than 7 

mm in diameter and provide a working distance, i.e., probe length, of at least 10 cm. Our 

initial design approach was to use GRIN relay lenses to deliver the scanning plane of the 

DA-OCT system within the oral cavity. This turned out not to work as expected because 

of the limited acceptance angle of available GRIN lenses. For DA-OCT, a 6-degree 

separation between the DA's illumination and collection paths is used to prioritize DA's 

depth advantage over traditional OCT. In our system, this angle is formed using a low 

numerical aperture lens (~0.125) to clear the beam paths through the narrow apertures of 
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the scanning optics. Magnification at the sample plane must therefore be avoided to 

maintain the desired DA offset angle. The approach described here uses a relay of 

optical achromatic lenses to match the DA objective's NA better. From this, a probe was 

designed with the necessary 96 mm of reach and a diameter of 6.6 mm using off-the-

shelf optical components. 

The completed dental probe presented in this chapter is comprised of 

biocompatible materials and resins. However, the effectiveness of this probe has yet to 

be assessed for repeated use, as the probe must be sufficiently robust for repeated 

sterilization via chemical or heat treatment. This criterion may not be critical however as 

the probe is designed to be easily mounted to a standard 1/2" optical tube. At a current 

cost to manufacture near ~$100, future iterations may rely on cost and design 

improvements aimed at producing reusable probes that can be discarded after each use. 

We foresee a direct application of this technology being the interoperative 

mapping of the IAN during DIS. DA-OCT's increased depth imagaing in dental tissues, 

past 3 mm, is well suited as a method to increase confidence in surgical drill placement 

through the real-time identification of the IAN. Further, the added benefit of the 

simplicity of this design is that it can be scaled to increase the probe length by adding 

additional 4f lens pairs to increase length of the probe for other EMIS applications. 
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7.5 Summary 

This chapter describes the development of a handheld endoscopic OCT tool to 

assess dental tissues of the oral cavity. Overall, the DA-OCT device's size and 

manufacturing cost were significantly reduced by replacing a costly supercontinuum 

light source with an SLD and developing custom controller boards to coordinate frame 

acquisition. Biocompatible materials were used to construct a 96 mm by 6 mm diameter 

endoscopic dental probe. Additionally, a critical alignment feature of DA-OCT was 

miniaturized using a 1” optical translation mount, which can be externally adjusted 

from the scanner to optimize image performance rapidly. In addition to demonstrating 

the necessary size, portability, and robustness required for dental suites, the enhanced 

depth imaging of DA-OCT was shown in both ex vivo and in vivo dental tissues. From 

these results, internal structures of dental tissues up to 3 mm deep were easily identified, 

with OCT capable of distinguishing boundaries between enamel, dentin, and composite 

materials. In summary, the described technology advances DA-OCT technologies, which 

represents a major step forward in the advancement of OCT towards wide application in 

EMIS. 
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8 Conclusions 
This dissertation advances the use of OCT for EMIS by creating universal OCT 

instrumentation for deep tissue imaging that can be easily integrated into current 

surgical workflows. The general approaches taken in this dissertation creates a roadmap 

towards integrating deep-imaging OCT across a wide range of surgical disciplines. 

Ultimately, such technologies will provide surgeons with a much-needed layer of 

diagnostic confidence during surgery by providing real-time label-free contrast of 

pathology and sub-surface perturbations via OCT.  

The instrument must work with the standard surgical instruments already in use 

for the OCT to be widely adopted in clinical practice. Chapter 3 demonstrated OCT 

imaging with a borescope by modifying a commercial device to allow transmission of 

near-infrared light. The standard form factor will enable easy adoption for clinical use 

while allowing simultaneous fluorescence and white light imaging through the same 

optics, enabling a physician to observe and evaluate tissue when using the same 

imaging probe rather than coordinating multiple probes. 

To validate the diagnostic potential of this device, imaging performance was 

investigated by measuring articular cartilage thickness in a porcine knee model in 

chapter 4. The cartilage thickness of four porcine femurs was measured using OCT and 

compared with mechanical thickness measurements at regions of interest.  Based on the 

statistical analysis, OCT was not significantly different from standard measurements, 
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supporting the use of OCT for this application. Further in chapter 5, the developed 

instrument was used to evaluate an NHP surgical model of small bowel transplantation. 

Immunosuppression was used to reduce the likelihood of rejection. The tissue grades of 

ITx were readily distinguished by eye using OCT and correspond to images of H&E 

stained slides from co-registered biopsies. In this example, OCT provided images of 

tissue structures via an endoscope compatible probe to determine if changes in rejection 

can be seen when conventional immunosuppression is used. Adopting OCT would 

significantly reduce the need for extensive routine biopsy for such an application. OCT 

for ITx would allow physicians to monitor and stage instances of rejection while 

lowering overall screening costs and presenting less pain and lower risk of infection to 

patients. 

Chapters 3-5 demonstrated that OCT shows tremendous potential for 

intraoperative application. Yet widespread OCT adoption in these fields is limited 

without realizing an imaging system delivering adequate image penetration in highly 

scattering tissue. OA measuring results from chapter 4 could assess cartilage thickness to 

a depth satisfactory for identifying severe pathology. However, OCT can still be used as 

a predictive model in healthy or suspect cases of osteoarthritis if signal penetration 

could be extended to a range suitable for mild pathology (~2-3mm). Likewise, results 

from chapter 5 in the small bowel informed us that although valuable information can 

be extracted from morphological features of the villi such as blunting, the true extent of 
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morphological features resulting from transplant rejection exists within the crypt region. 

However, most of these tissues lie at the tail end of conventional OCT depth penetration. 

In the later chapters of this dissertation, DA-OCT is presented as an attractive 

potential to image deeper into tissue, exposing morphology that otherwise may go 

undetected. Significantly, many theoretical claims regarding the origin of DA-OCT’s 

advantage have yet to be demonstrated. Therefore, in chapter 6, the effects of using a 

dual-axis scanning geometry to image deeper into turbid media were directly compared 

against traditional OCT. These results confirmed theoretical predictions regarding the 

strong dependence on focal zone placement and the need for high scattering tissue 

anisotropy to maintain DA-OCT’s superiority in imaging into deep tissue. Based on the 

results of this study, all cases of DA-OCT with an enhanced DOF over conventional OCT 

displayed increased CNR with depth. Additionally, DA-OCT measured the signal from 

the surface of a needle past 2 mm of highly scattering murine skin, a significant 

improvement over conventional OCT. 

  Chapter 7 describes, in detail, the construction and validation of the first 

prototype handheld DA-OCT device based.  A custom dental probe was fabricated for 

this device to maintain the necessary angles required for DA-OCT in a robust package 

that can easily maneuver the oral cavity. Validation of this probe was performed on both 

ex vivo and in vivo human teeth. Clear distinctions between dental reconstruction and 
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healthy dental tissues were imaged near 3 mm in depth. As a result, a direct application 

of this technology can be seen to be interoperative mapping during DIS. 

Future development of the system includes constructing system extensions to 

detect helpful information in biological tissue. For example, Shear Wave Elasticity 

Imaging (SWEI) [168, 169] has shown success in areas such as staging liver fibrosis [170], 

detecting prostate cancers [171], and quantifying skin sclerosis [172] by measuring the 

shear modulus of targeted tissue using high-speed ultrasound. Depth improvements 

enabled using DA-OCT can be applied to optical coherence elastography (OCE), a 

variant of shear wave elastography that uses OCT imaging to track the propagation of a 

mechanical wave across an OCT imaging field of view [173] at a critical depth (~2 mm) 

into epithelial tissue where blood and nutrient exchange occurs. Additionally, using 

OCT for such applications has the added advantage of higher repetition rates than 

acoustic-based methods. This means that faster shear waves can be accurately detected 

for measuring more minor skin features and more accurate measurement of stiffer 

materials. 

Finally, the feasibility of using alternative lens geometries for illumination and 

collection beams should be explored where the spatial separation and angles of the 

beams can be adjusted independently. As suggested by a previous Monte Carlo study 

on the photon distributions of DA-OCT [36], the penetration depths of photons are 

highly related to their spatial and angular distributions. Along these lines, the most 



 

110 

significant technical challenge remains the scanner alignment of the two intersecting 

beams. In future iterations, this design may be improved using active alignment with an 

automatic (i.e. no user intervention) feedback loop. This approach should still enable a 

high-performance device that can be built at a reasonable cost point. 

In conclusion, this dissertation discusses instrumental advances in deep imaging 

OCT and explores its application for EMIS. With this work, the clinical potential for OCT 

was presented in a manner providing a roadmap for developing DA-OCT technology 

into a robust surgical imaging tool that can be adapted to a wide range of EMIS 

applications. 
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