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Abstract 
Cancer, despite its status as the second leading cause of death worldwide, is 

often preventable given proper surveillance and timely intervention.  In the esophagus, 

metaplastic changes linked to reflux disease lead to alterations in cellular DNA, 

abnormal growth, and eventually, metastatic cancer.  Fortunately, this process takes 

place over a period of several years, during which treatment and eradication of the 

precancerous lesions is possible if discovered at a sufficiently early time.   

Current protocols for surveillance of the esophagus are costly and limited.  As an 

alternative, angle-resolved low-coherence interferometry (a/LCI) is an optical technique 

which enables depth-resolved measurements of nuclear morphology, a biomarker of 

precancer.  a/LCI allows for real-time identification of precancerous lesions, which may 

be treated using radiofrequency ablation or related techniques.   

In this dissertation, several advances in a/LCI technology are presented.   

Measurements of the nuclear refractive index, an important parameter for a/LCI inverse 

light scattering analysis, are offered to settle an important debate in the literature 

regarding the relative density of the cell nucleus.  Instrumentational advances in a/LCI 

are demonstrated to address the need for implementing scanning capability, which is 

important for screening of larger tissues such as the cervix.  The properties of 

commercially available fiber optic imaging bundles are investigated for their capacity to 
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support coherence-based imaging, and when these are found to be lacking, an a/LCI 

device based on single-mode optical fibers is designed and validated using an array of 

pathlength-matched individual fibers, which exhibits significant advantages over 

previous image bundles.  Computational analysis of a previous clinical a/LCI dataset is 

used to provide design guidance for this methodology.  Finally, this new a/LCI device is 

combined with a rotational endoscopic optical coherence tomography (OCT) probe to 

create a multimodal imaging system for comprehensive evaluation of the esophageal 

epithelium.  The complete system includes a paddle form factor which allows it to be 

affixed to the exterior of a commercial endoscope for clinical compatibility, similar to 

related endoscopic devices.  These advances demonstrate the continued applicability of 

a/LCI for evaluating epithelial health, and present new and attractive options for 

surveillance and early intervention against cancer. 
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1. Introduction 
1.1 Motivation  

Esophageal adenocarcinoma (EAC) is one of the fastest growing cancers in the 

developed world [1].  While most cancers have maintained steady incidence rates or 

declined slightly, EAC has grown by more than a factor of seven in recent decades [2], 

with much of the change attributable to the obesity epidemic in the West [3].  Great 

strides have been made in treatment [4], however, the 5-year mortality rate for EAC 

remains a grim 78% [5].  For this reason, effective endoscopic surveillance technologies 

are becoming more essential to combat rising cancer rates.  The emergence of effective 

preventative options, such as radiofrequency ablation [6], further underscores the need 

for accurate detection of precancerous lesions. 

Optical techniques present a very attractive path forward.  Infrared optical 

probes are nonionizing, non-invasive, and low risk [7].  As an alternative to biopsy, 

optical methods can give instant feedback to the clinician, dramatically reducing cost by 

reducing the number of procedures required to “see” and “treat” the disease.  Optical 

penetration depths in tissue are typically on the order of 0.5-1 mm, which encompasses 

the basal layer of the epithelium, where most cancers originate [8].  The wavelength of 

light in the near-infrared band allows for sensitivity on the micron scale or smaller, 

which is sufficient for detecting sub-cellular changes indicative of precancer. 
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One potential solution for optical precancer screening is angle-resolved low-

coherence interferometry, or a/LCI.  a/LCI is an optical modality which non-invasively 

detects precancer by measuring depth-resolved scattered light from cell nuclei [9, 10].  

As cells become dysplastic, or precancerous, their nuclei begin to enlarge, and their 

density may change as well [11].  This alters the spatial distribution of the refractive 

index within the tissue and causes the angular distribution of scattered photons to 

change.  a/LCI measures this change by detecting scattered light along distinct, angle-

resolved channels, and computing the nuclear size for cells within a given tissue layer, 

selected by a coherence-gated depth. 

a/LCI has proven quite successful in early clinical trials [12-15], however, several 

technological and scientific hurdles remain.  To give one example, computation of the 

nuclear size relies on assumptions of the range of possible nuclear refractive indices, a 

parameter which has been recently disputed within the literature [16].  We have 

addressed this dispute using quantitative phase imaging (QPI) to noninvasively estimate 

the nuclear refractive index, which is needed to correctly analyze scattered light 

distributions [17, 18].   

A number of instrumentation-related hurdles persist in a/LCI.  In some 

applications, especially in detecting cervical dysplasia, large tissue areas must be 

examined.  Traditional a/LCI devices do not offer scanning capabilities, which limits 
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their clinical usefulness in these settings.  Individual components used for construction 

of a/LCI devices are also somewhat limiting.  For instance, one critical component of 

most a/LCI systems is an optical fiber bundle, or coherent imaging bundle.  This 

component allows for transmission of the scattered field to the optical engine.  

Unfortunately, commercial bundles suitable for this purpose are often not available, as 

they may be multimodal, noisy, lossy and expensive, resulting in loses in performance 

[19-21].   

A final problem with a/LCI is the lack of visual guidance.  Because a/LCI is not 

an imaging modality, an a/LCI scan cannot give good indication as to the condition of 

the tissue being sampled.  Poor tissue apposition, or flatness, may lead to poor quality 

scans which are unsuitable for analysis and must be discarded.  Additionally, it is 

unclear whether gland structure, mucus, or other factors which can affect analysis are 

being sampled.  Endoscopic optical coherence tomography (OCT) presents an attractive 

option for addressing this need.  It has proven effective at producing real-time cross-

sectional imaged of the epithelium and identifying metaplastic change, but poor at 

identifying dysplasia [22]. Further image-based guidance of endoscopic a/LCI is an 

essential goal for realizing clinical utility. 

To resolve these problems, this work presents novel a/LCI instrumentation 

schemes.  A device based on image rotation is developed, using solely reflective 
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elements, which enables scanning of an a/LCI beam over a wide region [23].  

Commercially available fiber bundles are extensively tested for their usefulness in 

coherence-based imaging [24], and after noting that satisfactory options do not exist on 

the market, and a design based on single-mode fibers is methodologically feasible [25], a 

custom pathlength-matched fiber array is designed and validated for use in a/LCI.    A 

combination of a/LCI and endoscopic OCT in a paddle form factor which can be 

attached to the exterior of a traditional endoscope is designed, validated and deployed.  

It is our hope that improved instrumentation schemes will lead to more effective a/LCI 

devices, and ultimately, to more effective cancer screenings and improved patient 

outcomes. 

1.2 Document Organization 

This dissertation is organized as follows.  Chapter 2 gives general background 

information on esophageal dysplasia, including epidemiology and disease burden, 

diagnostic and surveillance protocols, and treatment.  A brief discussion of cervical 

dysplasia is also given, as a later chapter presents instrumentational advances which 

address a need in cervical dysplasia detection.  Chapter 2 continues to discuss basic 

principles of OCT and a/LCI, including theory and clinical findings relative to dysplasia 

detection.  A summary of alternative optical modalities for this purpose is also given.  

Chapter 3 introduces our results using quantitative phase microscopy to study the 
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biophysics of the cell nucleus, and specifically, the nuclear refractive index.  Chapter 4 

describes a scanning mechanism for a/LCI based on image rotation and discusses basic 

validation and future directions for that technology.  Chapter 5 uses various 

interferometric schemes to evaluate the feasibility of using common imaging bundles in 

coherence-based imaging modalities such as a/LCI and OCT.  With a custom fiber-optic 

solution appearing increasingly necessary, Chapter 6 presents studies which seek to 

justify the required discretization of the scattering field that single-mode fiber optics 

entail, by computationally reexamining a previous clinical dataset for the effects of 

parameters like angular sampling, range, and noise.   The groundwork of Chapters 5 

and 6 culminates in Chapter 7, which describes in detail the design and validation of a 

novel side-viewing a/LCI instrument, which replaces the fiber bundle with a pathlength-

matched array of single-mode fibers.  A biocompatible, 3D-printed housing for the 

micro-optical components is presented and discussed.  Chapter 8 introduces an 

integrated device which comprises the a/LCI instrument in Chapter 7 with a rotational, 

endoscopic OCT probe, for a multimodal imaging tool suitable for screening the 

esophageal epithelium for dysplasia.  A custom paddle housing both modalities is 

designed and printed using a biocompatible resin, which encloses the critical optical 

components.  Finally, Chapter 9 summarizes the current state and outlook of these 

projects. 



 

 

5 

2.  Background 
This chapter presents background material relevant to the subsequent research.  

The first few sections discuss both esophageal and cervical dysplasia, including 

epidemiological, physiological, and clinical materials.  The subsequent sections cover 

background of optical coherence tomography and angle-resolved low-coherence 

interferometry, technologies which are discussed extensively throughout this document.  

Lastly, alternative optical modalities which use light scattering for the detection of 

dysplasia are discussed, including major clinical findings and subsequent limitations. 

2.1 Esophageal Dysplasia 

Dysplasia, informally known as precancer, is a pathological alteration in tissue 

which generally precedes progression to metastatic cancer.  In the esophagus, chronic 

irritation caused by gastroesophageal reflux disease (GERD) may lead to a metaplastic 

change in the esophageal lining, in which normal squamous epithelium is replaced by a 

layer of columnar cells similar to the lining of the intestine [26].  This change is 

commonly known as specialized intestinal metaplasia (SIM) or Barrett’s esophagus (BE), 

and is usually visually apparent during upper endoscopy [27].  In some cases, prolonged 

metaplasia can lead to dysplasia, which is characterized by abnormal growth including 

enlarged and hyperchromatic cell nuclei, glandular architecture, cell crowding, 

pleomorphism, and presence of inflammation [28].  Dysplasia is generally divided into 
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two subcategories, low-grade dysplasia (LGD) and high-grade dysplasia (HGD) [28], 

both of which carry an increased risk of cancer, but the latter of which carries a 

significantly increased risk of progression to esophageal adenocarcinoma [29].  It should 

be noted that substantial inter-observer variability exists among these categories for 

pathologists evaluating biopsy samples for the presence or lack of LGD [30]. 

It is estimated that approximately 50% of adults in the U.S. suffer from some 

symptoms of GERD, of which 10-15% suffer from BE [29].  Once a patient becomes 

dysplastic, the chance of progression to cancer increases, with estimated progression of 

0.2-0.5% for nondysplastic BE patients, 0.7% per year for LGD, and 7% for HGD [29].  

For this reason, timely surveillance procedures become paramount for intervening prior 

to the development of EAC. 

2.1.1 Epidemiology and Disease Burden 

Due to a lack of a diagnostic standard, it is difficult to assess the disease burden 

of GERD alone, with many statistics relating to frequency of reported symptoms [31].  

The disease burden is more easily assessed by examining the rate of BE, which exhibits a 

prevalence of around 5.6% in the United States [32].  Esophageal cancer is among the 

fastest rising cancers in incidence in the U.S., with a sevenfold increase in incidence over 

a recent four-decade period [2].  Much of this increase is related to lifestyle factors, 

including obesity-related reflux disease, as well as tobacco usage.  Immutable 
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characteristics, such as advancing age (>50 years), male gender, and Caucasian race are 

also known risk factors [29].  The total estimated societal cost of the disease is high: a 

retrospective study in the United Kingdom found that esophageal cancer accounted for 

£100 million of National Health Service expenditure in a given year, and tripled as a 

percentage of the total budget over a 14 year period [33].   Unlike some cancers, 

esophageal adenocarcinoma continues to be quite deadly.  Survival has improved 

markedly in recent decades, however, the 5-year survival rate is estimated to be only 

22%, up from 9% in the period from 1973-1980 [5]. 

For patients with premalignant conditions, surveillance can be expensive.  

Routine endoscopy is certainly beneficial, but comes at a cost of $10,000-$50,000 per 

quality-adjusted life-year (QALY) gained [34, 35].  Treatments such as radiofrequency 

ablation (RFA) for dysplastic Barrett’s are becoming more common, but require separate 

procedures for biopsy and treatment while pathology is determined, further influencing 

the calculation of QALY costs. 

2.1.2 Early Surveillance and Diagnosis 

For most BE patients, upper endoscopy with biopsy is recommended at regular 

intervals.  The current biopsy method (the “Seattle protocol”) consists of a 4-quadrant 

biopsy every 1-2 cm within the BE-affected region [36].  Once biopsy samples are 

obtained, they are fixed and stained with hematoxylin and eosin (H&E) and examined 
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by a trained pathologist for signs of cellular atypia.  The diagnosis is then communicated 

to the point-of-care physician, who will decide on further treatment steps. 

There are problems with the current diagnostic protocol.  Typically, less than 5% 

of the affected tissue can be sampled.  Furthermore, research suggests that up to half of 

physicians do not follow the recommended protocol [37].  There is also significant inter-

observer variability among pathologists, with one study showing only a 45.7% 

agreement between three expert pathologists [30].  Diagnosis and treatment require 

separate procedures, further increasing cost.  Most concerningly, >90% of esophageal 

adenocarcinomas are diagnosed without a prior diagnosis of Barrett’s esophagus, which 

demonstrates the vast potential for improved surveillance protocols [38]. 

A low-cost alternative diagnostic, CytoSpongeTM, has emerged in recent years.  

CytoSpongeTM consists of a tethered capsule with a sponge-like mesh embedded within.  

The patient swallows the capsule, which dissolves in their lower esophagus.  The newly 

expanded sponge is then pulled back up through the mouth, collecting cell scrapings 

along the length of the esophagus.  These scrapings are examined using an immunostain 

for trefoil factor 3 (TFF3), a biomarker associated with Barrett’s esophagus. While 

inexpensive, CytoSpongeTM is not location specific.  This means that a positive test does 

not indicate to the endoscopist where treatment is needed.  Furthermore, while it 
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exhibits a sensitivity of 79-87% and a specificity of 92.4% for diagnosing BE, it is less 

sensitive to dysplastic BE, which is more clinically relevant [39]. 

2.1.3 Treatment 

For years, the preferred treatment for high-grade esophageal dysplasia was 

esophagectomy, or partial removal of the esophagus.  This procedure is highly invasive 

and dangerous, with mortality rates as high as 13% [40].  When possible, alternative 

techniques are now recommended. 

In recent years, radiofrequency ablation has emerged as an effective treatment 

modality for dysplastic BE.  In standard implementations, an RFA “paddle” mounted 

externally to the endoscope delivers directed energy to the tissue, treating a small area.  

The paddle can then be repositioned to treat the entire affected region.  RFA has proven 

quite successful in the eradication of dysplasia, with one prominent study showing 

complete eradication of dysplasia for 95% of patients after 2 years, and complete 

eradication of intestinal metaplasia for 93% [41].  After 3 years, these numbers were 98% 

and 91%, respectively, showing the effectiveness of RFA and highlighting the 

importance of effective surveillance protocols. 

2.2 Cervical Dysplasia 

Cervical dysplasia, and its subsequent progression to cervical cancer, share 

several attributes with esophageal dysplasia and its progression to esophageal 
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adenocarcinoma.  Differences in terminology, cause, and clinical protocols are important 

to note, and are outlined here.  Only a single chapter of this thesis is devoted to 

screening for cervical dysplasia, and thus, cervical dysplasia is outlined in more brief 

form. 

2.2.1 Epidemiology and Disease Burden 

Cervical cancer is responsible for approximately 275,000 deaths per year 

worldwide [42].  The mortality rate is much lower and declining in the developed world, 

where introduction of the human papilloma virus (HPV) vaccine has significantly 

reduced a major cause of the disease [43].  Still, cervical cancer continues to be the 

leading cancer-related cause of death among women in most of Africa, Central America, 

and large portions of Asia [42], where vaccines are uncommon. 

2.2.2 Causes and Disease Progression 

The primary cause of cervical cancer is HPV infection, with HPV-negative 

cancers being quite rare [44, 45].  In an analogous manner to esophageal dysplasia, 

cervical dysplasia is classified into low-grade and high-grade variants, generally 

referred to as low-grade squamous intraepithelial lesion (LSIL) or high-grade squamous 

intraepithelial lesion (HSIL) [12].  Fortunately, the mean time between disease 

progression is 5-8 years [46], leaving a substantial window for intervention.   
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2.2.3 Early Surveillance and Diagnosis 

Cervical cytology (Papanicolaou smear) testing for abnormal cells is a common 

protocol for screening for cervical dysplasia [47].  Patients who present with atypical 

cytology may be referred for colposcopy and biopsy, though these suffer from limited 

specificity [12].  DNA testing for HPV may also be useful [48].  There exists a need for a 

comprehensive screening tool for cervical dysplasia which exhibits high sensitivity and 

specificity, especially in low-resource settings. 

a/LCI is an attractive technology to fill this role.  An a/LCI device capable of 

detecting cervical dysplasia would provide real-time feedback to clinicians during 

screening procedures, allowing screening and treatment to occur during the same 

clinical visit and thereby reducing costs.  a/LCI could also serve as a tool for analyzing 

cervical cone biopsies ex vivo, or for targeting specific areas of the cervix for treatment. 

2.3 Optical Coherence Tomography 

2.3.1 Basic Principles 

Optical coherence tomography is a medical imaging technique analogous to 

ultrasound, which measures the time-of-flight of photons rather than sound waves to 

construct a tomogram of the sample.  Because electronic detection methods are not fast 

enough to capture photon speed at short distances, interferometry is used to determine 

the pathlength traveled by the photons.  Typically, a light source is directed towards a 



 

 

12 

sample, which scatters light, the backscattered portion of which is collected by an optical 

train and delivered to a detector after combination with a reference field.  Early OCT 

implementations used a variable reference arm which could be swept spatially, building 

each voxel of the imaging volume in series.  This was known as “time-domain OCT” 

(TD-OCT), and suffered from imaging speed limitations and low signal to noise ratio 

(SNR).  Newer implementations, termed Fourier-domain OCT (FD-OCT) use either low-

coherence or swept sources to acquire multiple depth resolved reflection profiles (A-

scans) in parallel or at high speed, while also improving SNR.  OCT has become a 

standard of care in ophthalmology, and remains a research device with applications in 

many other tissues [22, 49-51] 

2.3.2 Spectral Domain OCT Image Reconstruction  

In Spectral-Domain OCT (SD-OCT), a broadband source and detector are used to 

acquire entire A-lines in one measurement.  Generally, light from pathlength-matched 

sample and reference arms are combined for detection by a spectrometer, which 

measures an interferogram composed of the intensity as a function of wavelength.  In 

preparation for a Fast-Fourier Transform (FFT) algorithm employed later, the spectrum 

is resampled to be linear in wavenumber, and a tunable phase polynomial is applied to 

the spectrum to correct for dispersion.  Because spectral frequencies correspond to 

distinct depths within the sample, the FFT algorithm is applied to each interferogram to 
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create an A-scan, several of which are assembled to create a B-scan.  The resulting image 

represents a tomogram of the sample, with intensity corresponding to reflectance. 

2.3.3 Resolution and other limiting principles 

In OCT, a number of limiting principles govern imaging performance.  Because 

depths are encoded in the spectral frequency of the interferogram, the pixel-limited 

spectral sampling will define the one-sided imaging depth of the device, given by the 

relation 

                                                 �̂�𝑧𝑚𝑚𝑚𝑚𝑚𝑚 = 𝜋𝜋
2∗𝛿𝛿𝑠𝑠𝑘𝑘

                                           (2.1) 

 

where �̂�𝑧𝑚𝑚𝑚𝑚𝑚𝑚 is the one-sided imaging depth and 𝛿𝛿𝑠𝑠𝑘𝑘 is the pixel-limited sampling 

resolution in wavenumber.  Although this defines the maximum imaging depth of a SD-

OCT system, in reality, high frequency fringes will lose contrast as the fringe frequency 

approaches the Nyquist limit.  The “spectrometer roll-off,” defined by the point of 6 dB 

loss in SNR, is given by 

                                        �̂�𝑧6 𝑑𝑑𝑑𝑑 = 2𝑙𝑙𝑙𝑙(2)
𝛿𝛿𝑟𝑟𝑘𝑘

                                          (2.2) 

where 𝛿𝛿𝑟𝑟𝑘𝑘 is the full-width at half-maximum (FWHM) spectral resolution of the 

spectrometer, and 𝑙𝑙𝑙𝑙( ) represents the natural logarithm.  In typical implementations, 

both �̂�𝑧𝑚𝑚𝑚𝑚𝑚𝑚 and �̂�𝑧6 𝑑𝑑𝑑𝑑 are on the order of a few millimeters.  While these values are useful 
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for numerical calibration and scaling of the OCT image, the resolution of the system is 

governed by other factors.  In the axial dimension, the coherence length of the light 

source determines the imaging resolution, and is fundamentally a function of the 

bandwidth of the source.  For a Gaussian spectrum, the coherence length is given by  

𝑙𝑙𝑐𝑐 = 2𝑙𝑙𝑙𝑙2
𝜋𝜋

𝜆𝜆02

∆𝜆𝜆
     (2.3) 

where 𝜆𝜆0 is the central wavelength of the system and ∆𝜆𝜆 is the bandwidth in microns.  

Similar expressions can be derived for other spectral shapes [52]. 

In the lateral dimension, the resolution is defined by the imaging optics, in an 

analogous manner to conventional microscopy.  The lateral spot size is given by 

𝛿𝛿𝑚𝑚 = 0.37 𝜆𝜆0
𝑁𝑁𝑁𝑁

    (2.4) 

where 𝜆𝜆0 is the central wavelength of the system and NA is the numerical aperture of 

the objective lens.  With a fundamental tradeoff between the lateral spot size and the 

axial field of view, typical OCT systems exist in the low-NA regime, and attempt spot 

sizes on the order of a few microns to tens of microns. 

2.4 Angle-resolved Low-coherence Interferometry 

2.4.1 Basic Principles and Instrumentation 

Angle-resolved low-coherence interferometry (a/LCI) is a non-invasive optical 

technique which measures depth-resolved nuclear morphology, a biomarker for 
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dysplasia.  In typical implementations, scattered light from cells or tissues are collected 

by imaging optics and combined with a pathlength-matched reference field at the slit of 

an imaging spectrometer to provide coherence-gated depth-sectioning.  A general a/LCI 

schematic, adapted from [11], is shown in Figure 1.  Briefly, light from a low-coherence 

source (typically a superluminescent diode, or SLD) is split into sample and reference 

arms via a fiber splitter.  In the sample arm, light is linearly polarized and coupled to a 

PM fiber, where it is directed to the distal end of the probe.  While the exact probe 

geometry varies with the application, light from the PM fiber is collimated and delivered 

at an off-axis angle to the sample, which scatters light over a range of directions.  The 

same optic collects this scattered light, and relays the field to a flexible fiber bundle, 

which conveys the light back to the optical engine.  This field is imaged onto the slit of 

an imaging spectrometer, along with a pathlength-matched, collimated reference beam 

to create interference, which allows for coherence-gated depth sectioning of the scattered 

light to within a few microns in a manner similar to SD-OCT.  
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Figure 2.1: Schematic of a typical a/LCI device, adapted from [11].  Generic 
instrumentation is shown for a forward-viewing probe.  The device is based on a low-

coherence Mach-Zehnder interferometer, which allows for localization of scattering 
within the coherence length of the light source. 

2.4.2 Signal Processing 

The signal collected in a/LCI is 𝐼𝐼(𝜃𝜃, 𝜆𝜆), a two-dimensional map of scattering 

intensity as a function of wavelength and angle.  Prior to any processing, the 

interferogram is resampled to be linear in wavenumber 𝑘𝑘 =  2𝜋𝜋
𝜆𝜆� , and the resampled 

image 𝐼𝐼(𝜃𝜃,𝑘𝑘) is multiplied by a phase polynomial of the form 

𝜑𝜑(𝑘𝑘) =  𝑒𝑒𝑙𝑙3𝑘𝑘3+𝑙𝑙2𝑘𝑘2     (2.5) 

where 𝑙𝑙3 and 𝑙𝑙2 are tunable parameters to account for chromatic dispersion 

from the fiber and lenses.  A line-by-line (i.e., one-dimensional) Fourier transform is 

applied along the wavenumber dimension, so the resulting two-dimensional signal is 

given by 
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𝐼𝐼(𝜃𝜃,𝑑𝑑) =  ∫ 𝐼𝐼(𝜃𝜃, 𝑘𝑘)𝜑𝜑(𝑘𝑘)𝑒𝑒𝑖𝑖𝑘𝑘𝑑𝑑𝑑𝑑𝑘𝑘     (2.6) 

where 𝐼𝐼(𝜃𝜃,𝑑𝑑) gives the scattering intensity as a function of angle and depth.  This 

procedure is nearly identical to the processing scheme in SD-OCT, with the difference 

being that processing is performed in parallel among detection channels, each sensitive 

to a different scattering angle. 

Once the a/LCI scan, 𝐼𝐼(𝜃𝜃,𝑑𝑑), is computed, diagnostic criteria must be calculated.  

For a given depth (usually corresponding to the basal layer, where most dysplastic 

lesions originate) an angular scattering profile 𝐼𝐼(𝜃𝜃) is sampled.  This signal is generally 

normalized, low-pass filtered, and detrended using a low-order polynomial to remove 

the effects of scattering from objects other than the nucleus.  From here, the profile is 

compared with a library of ~10,000 pre-computed angular scattering profiles, which 

correspond to different combinations of the scatterer size and refractive index.  The 

precomputed profiles are derived from Mie theory, in effect treating the cell nucleus as a 

spherical scatterer in a homogeneous medium of the cytosol.  The result of this 

processing is a nuclear diameter in microns, and a nuclear density 𝑚𝑚 =  𝑅𝑅𝐼𝐼𝑙𝑙𝑛𝑛𝑐𝑐 𝑅𝑅𝐼𝐼�
𝑐𝑐𝑐𝑐𝑐𝑐

 

which is the ratio of nuclear to cytoplasmic refractive index.  These parameters may be 

used to construct a classifier to discriminate normal from dysplastic tissue, which may 

be further validated from the pathology results [12, 53]. 
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2.4.3 Previous Clinical Studies 

a/LCI has shown substantial success in early clinical trials.  In the cervix, one 

study of ex vivo tissue samples obtained from 20 patients undergoing cervical cone 

biopsy or hysterectomy at Duke University Medical Center exhibited 100% sensitivity 

and 90% specificity in detecting dysplasia, along with an accuracy of 91.3% and a 100% 

negative predictive value (NPV) [11].  A later clinical study involving 40 patients at the 

University of California, San Francisco (UCSF) Gynecologic Dysplasia Clinic and the 

UCSF HPV cohort study showed 100% sensitivity and 97% specificity in differentiating 

dysplastic vs. benign tissue, and 100% sensitivity and 82% specificity in distinguishing 

nondysplastic/low-grade dysplasia from HGD [12], which is often the more clinically 

relevant differentiation.  The second study again exhibited a 100% negative predictive 

value, an important feature for clinical adoption. 

In the esophagus, early studies examined ex vivo tissue samples from patients 

who had undergone esophagectomy [53, 54], or collected a/LCI scans in living patients 

by passing an a/LCI probe through the biopsy channel of an endoscope [55].  These 

studies present useful advances in a/LCI hardware and data processing but exhibited 

small sample sizes.   The seminal clinical study in the esophagus was performed by 

Terry et al. in 2011, which compared a/LCI and histologic classification of 172 biopsy 

sites in 46 patients.  The study found that a/LCI exhibited 100% sensitivity and 84% 
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specificity in detecting dysplasia, with an accuracy of 86% [15].  Once again, a 100% NPV 

was achieved.  Progress in esophageal a/LCI methods, as well as more detailed 

descriptions of clinical protocols, are summarized by Zhu et al. [13]. 

Finally, a limited amount of work has been done to apply a/LCI in cases of 

colorectal dysplasia.  An ex vivo pilot study of tissue samples from 27 patients 

undergoing partial colonic resection was performed, with a/LCI optical biopsy again 

compared with histology [56].  The study found that a/LCI shows utility in diagnosing 

colorectal dysplasia, with a sensitivity of 92.9%, a specificity of 83.6%, and an overall 

accuracy of 85.2%.  While further studies in the colon are not planned at this time, the 

results suggest that a/LCI has potential to diagnose dysplasia in a wide array of 

epithelial tissues. 

2.4.4 Technological and Anatomical Limitations 

As a technology, a/LCI faces unique practical challenges.  Depending on the 

tissue targeted, the a/LCI probe may face access limits and geometric constraints.  In the 

cervix, for example, the probe must be capable of reaching a broad portion of the 

cervical face, keeping in mind ergonomic concerns for the clinician.  The esophagus 

presents an even more difficult challenge, as the device must pass through the mouth 

and throat of the patient while maintaining a flexible, continuous connection with the 

optical engine.  In some cases, this must be done in conjunction with normal endoscopy, 
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further imposing form factor constraints.   Due to the luminal nature of the esophagus, 

an ideal esophageal a/LCI system is side-viewing, adding another layer of complexity 

which must be addressed. 

 An important technological component of an a/LCI system is the imaging fiber 

bundle, which consists of a close-packed array of fused fiber-optic cores within a shared 

cladding.  This component allows relaying of the scattered field from the tissue to the 

optical engine, while maintaining both spatial and coherent properties of the light.  

While other aspects of the system (detector, spectrometer, opto-mechanics) have 

experienced technological advances in recent years, the fiber bundle remains a limiting 

feature of the device due to limited commercial availability, multimode performance 

and poor throughput.  A sizeable portion of this thesis is devoted to overcoming 

problems imposed by the imaging fiber bundle. 

2.5 Alternative Optical Modalities for Dysplasia Detection  

Optical technologies offer promising advantages over more traditional 

methodologies for precancer detection, specifically due to their noninvasive and 

nonionizing nature.  For completeness, other optical modalities which use scattered light 

[7] or fluorescence to diagnose dysplasia are briefly surveyed here.  For conciseness, we 

limit our survey to optical modalities which detect dysplasia, rather than cancer.  More 
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traditional technologies such as OCT and confocal microscopy have also been adapted 

for dysplasia detection and are briefly discussed.   

2.5.1 Elastic-scattering spectroscopy 

Elastic scattering spectroscopy (ESS) is an optical technique that analyzes the 

spectrum of diffuse light scattering for diagnostic purposes [57]. Typically, broadband 

light is coupled into a multimode fiber, and the distal end is placed in contact with the 

tissue to be analyzed.  A collection fiber or array of fibers placed in close proximity to 

the illumination spot collect scattered photons, which are transmitted to a spectrometer 

for analysis.  Early clinical trials have attempted to apply ESS for diagnosis of colonic 

lesions [58], breast cancer [59], and HGD in Barrett’s esophagus [60].  Spectral analysis in 

ESS may include identification of diagnostically relevant portions of the spectrum with 

machine learning [61], analysis of predetermined spectral regions [57], or extraction of 

optical properties of the tissue by fitting an analytic model to the acquired spectrum [62].  

Recently, ESS has been evaluated in several unique applications. Trials have 

shown the capability of ESS to distinguish malignant lesions in skin [63].  Other work 

has shown the capacity to predict the benign, dysplastic, and inflammatory state of ex 

vivo prostate samples [61]. Suh et al. have examined ex vivo thyroid samples using ESS 

[64], finding it useful for discriminating benign from malignant tissue.  Rodriguez-Diaz 

et al. recently found that ESS exhibited >90% sensitivity for detecting neoplastic polyps 
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[65].  Occasionally, ESS is referred to in the literature as diffuse reflectance spectroscopy 

(DRS).   In recent years, DRS has been suggested for the identification of peripheral lung 

tumors [66], skin cancer diagnostics [67] and surgical margin analysis in breast tissue 

[68]. 

2.5.2 Light-scattering spectroscopy 

In a similar manner to elastic scattering spectroscopy, light scattering 

spectroscopy (LSS) analyzes the spectrum of scattered photons to predict tissue 

properties.  Specifically, LSS extracts light that has been scattered only once while 

ignoring diffuse scatter, and uses Mie theory [69] or even more sophisticated models [70] 

to predict properties of the tissue scattering the light. Analysis of the spectrum of single-

scattered photons yields quantifiable metrics such as the population density and size 

distributions of nuclei, and also their relative optical density [71]. Generally, a 

broadband photon source is first polarized, and imaged onto a sample, which may be a 

cell monolayer or tissue biopsy.  The sample scatters the incident light, which is directed 

through an analyzer and detected using a camera or photodiode.  This technique is 

occasionally referred to as polarization-gated LSS [72]. Spectral filtering is performed 

using a tunable filter or spectrometer, which allows for independent analysis of 

orthogonal spectral channels.  In most implementations, two independent 

measurements of the scattered light are taken, with one detecting the coplanar 
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component 𝐼𝐼∥, and one the depolarized component 𝐼𝐼⊥.   Subtracting 𝐼𝐼⊥ from 𝐼𝐼∥ isolates 

photons which have kept their polarization, and thus, been scattered only once or a few 

times by the epithelial layer.  This method is quite useful, as it effectively removes the 

unpolarized, multiply scattered background signal.  LSS measures ΔI as a function of 

wavelength, and sometimes, also of scattering angle [73] or spatial location on the 

sample [71]. For in vivo studies, a fiber-optic probe has also been designed [74]. Using 

an inverse model, nuclear size and crowding may be estimated from the LSS spectrum, 

with good agreement compared with more traditional modalities such as fluorescence 

microscopy.  These parameters are useful, in that they represent classic biomarkers of 

dysplasia.  Recent work in LSS has primarily been addressed towards endoscopic 

applications, including BE.  Qiu et al. developed an instrument capable of scanning for 

dysplastic BE, which exhibited 92% sensitivity and 96% specificity in a clinical trial [75].  

A recent follow-up improved these values, with 96% and 97% sensitivity and specificity, 

respectively [76], though 100% NPV and real-time analysis were not achieved.  Another 

study used LSS to examine the duodenal mucosa, using a model designed to detect an 

early increase in blood supply which may be linked to cancerous growths of the 

pancreas.  [77]. Finally, Zhang et al. examined the capacity of LSS towards categorizing 

the potential malignancy of cystic lesions in the pancreas [78].  LSS continues to be a 

promising modality for early cancer detection. 
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2.5.3 OCT for Dysplasia Detection 

While OCT has gained wide acceptance as a tool in clinical ophthalmology, 

endoscopic OCT devices are becoming common research tools.  For dysplasia detection 

in BE, endoscopic OCT has been tested for its sensitivity and accuracy.  An early study 

by Isenberg et al. compared endoscopic B-scans of LGD, HGD, and intramucosal cancer 

with corresponding biopsies [79].  In total, 314 biopsies were acquired from 33 patients, 

and compared with histology.  The study resulted in a sensitivity of 68%, a specificity of 

82%, and overall accuracy of 78%, and suffered from poor positive predictive value.  As 

mentioned previously, the important clinical diagnosis is differentiating LGD and 

normal from HGD and IC.  In this case, the sensitivity and specificity were only 54% and 

72%, respectively. 

A similar study was conducted by Evans et al., collecting 242 B-scans from 55 

patients, examining glandular architecture and surface maturation [22].  In this case, a 

sensitivity and specificity of 83.3% and 75% were demonstrated.  Zagaynova et al. 

performed another study using a modified probe geometry, using 78 patients to classify 

more serious cases including invasive carcinoma, intramucosal adenocarcinoma, and 

HGD [49].  Similar to the previous work, the sensitivity and specificity were 83% and 

68%.  Finally, Qi et al. developed an automated diagnostic tool based on image and 
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texture analysis, with a large number of parameters for classification.  In the best case, 

82% sensitivity and 74% specificity were obtained [80]. 

Though endoscopic OCT is effective in identifying BE [81], studies using 

endoscopic OCT for classification of dysplasia exhibit limited results.  Similarly, there 

has been a dearth of recent studies attempting to improve dysplasia detection, with each 

of the studies mentioned above conducted between approximately 2004-2011.  We 

suspect that the limited utility of OCT alone for detecting dysplasia, combined with the 

ease of detecting BE visually on endoscopy, obsolesces endoscopic OCT alone as a 

diagnostic modality for dysplasia, which is the most clinically important condition for 

early intervention.  We hope that developments in a/LCI, and specifically combined 

a/LCI-OCT discussed later in this thesis will address limitations of OCT as a diagnostic 

modality for dysplasia. 

2.5.4 Confocal Laser Endomicroscopy 

Conventional endoscopes do not exhibit the resolution necessary for examining 

individual cells.  To visually examine epithelial cells in their native environment, 

confocal laser endomicroscopes (CLEs) have been developed.  In a typical 

implementation, intravenously injected contrast agents such as fluorescein are excited 

by illumination from an endoscopic probe, consisting of a fiber bundle and distal optics.  

An expert observer can then examine the fluorescence images for signs of pathology.  
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Some pilot studies have attempted to use this technology during endoscopy procedures.  

Bertani et al found a sensitivity and specificity of 100% and 83% for BE, though their 

dysplasia cohort was small [82].  Pohl et all demonstrated 80% sensitivity and 94.1% 

specificity for detecting high-grade dysplasia [83], while Kiesslich was able to 

distinguish low-grade and high-grade dysplasia, along with cancer, with a sensitivity of 

92.9% and a specificity of 98.4% [84].  While early results are promising, CLE requires 

exogenous contrast agents and expert observers, limiting its clinical potential.   
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3. Investigation of the nuclear refractive index using 
Quantitative Phase Microscopy 
3.1 Introduction 

Precise measurement of the refractive index (RI) function in biological materials is 

important for a complete understanding of sub-cellular structure and processes.  In cell 

biology, RI can be a surrogate for the density of non-aqueous materials, and gives clues to 

sub-cellular storage and transport phenomena.  In emerging medical diagnostic 

techniques such as a/LCI, ESS and LSS, the relative refractive index of the nucleus 

(compared to the cytoplasm) is an inherent assumption of the theoretical framework 

underlying the techniques, and is typically presumed to lie within a certain range, 

generally 1.01 to 1.08 for healthy cells [85].   While this range has been classically accepted 

in the literature [54, 71, 86-89] more recent studies using quantitative phase imaging 

suggest that the opposite is true, and that the nucleus is less dense than the cytoplasm.  

Specifically, tomographic phase microscopy (TPM), a technique which uses multiple 

phase images with different illumination angles to reconstruct 3D volumetric images 

representing the spatially-varying refractive index, has shown nuclei with lower density 

than the cytoplasm [90].  This was confirmed by Schürmann et al. [16] who used standard 

QPI and assumed a spherical cell geometry to decouple the optical pathlength and 

refractive index within a phase image, and thus, confirmed the low nuclear RI result in 

several cell lines.  Here, we repeat the measurements of Schürmann et al. using a diverse 
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array of cell lines, including non-cancerous, virally transformed cells and a primary cell 

line to rule out any effects of carcinogenic change.  We also examined whether the 

phenomenon is a feature of phase-wrapping errors using a two-wavelength phase 

unwrapping method.  Finally, simulations are used to understand the implications of this 

phenomenon for a/LCI diagnostic technology.  

 

Figure 3.1: Representative QPI phase interferogram and corresponding phase 
image.  Note that the nucleus correlates with an area of lower phase, suggesting a 
potentially lower refractive index. 

3.2 Cell Culture Protocols 

3.2.1 Cell Types and Lineages 

Four diverse cell lines were utilized for this study.  Breast, lung, and vaginal 

epithelial cells (MCF-7, A549, and BEAS-2B from ATCC and Human Vaginal Epithelium 

from Celprogen, respectively) were cultured according to standard protocols.  These 
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were chosen in part due to their varying tissue origins, and also because they encompass 

cancerous (MCF-7 and A549), non-cancerous virally transformed (BEAS-2B), and 

primary (HVE) cell lines.  Detailed passaging procedures are outlined in the supporting 

material of [17].  Prior to imaging, cells were plated onto a glass-bottomed dish.  Instead 

of incubating overnight, cells were imaged within 1 hour of plating to ensure a highly 

spherical cell morphology.   

3.2.2 Nuclear Isolation Protocols 

In this study, two protocols were used to isolate the cell nucleus.  The simplest 

method is the REAP (rapid, efficient, and practical method, [91]), in which cells are 

washed with ice-cold phosphate-buffered saline (PBS), and scraped in ice-cold PBS into 

a small centrifuge tube.  A 5-second “pop” spin at 10,000 revolutions per minute was 

used to pellet the cells, which were re-suspended in ~1 mL of NP40 detergent at 0.1% in 

PBS.  The solution was triturated 5 times, given a second “pop” spin, and suspended 

again in ice-cold PBS.  This procedure was repeated 2-5 times until yielding an 

appreciable number of isolated nuclei. 

The second method (the “IGEPAL method”, [16]) consisted of centrifuging cells 

at 130 times gravity for 5 minutes prior to washing with PBS at 4° C.  A buffer solution 

containing protease inhibitor, 10 mM HEPES, and 1 mM DL-Dithiothreitol at pH = 7.5 

was used to resuspend the cells, which were incubated on ice for approximately 10 
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minutes.  A double-concentrated solution of 2 mM citric acid and 0.2% IGEPAL in 

HEPES buffer was added in equal volume to the cell suspension, for a final 

concentration of 1 mM and 0.1% citric acid and IGEPAL, respectively.  The resulting 

solution was vortexed and centrifuged at 180 times gravity for 5 minutes and washed 

with cold PBS prior to imaging. 

While the REAP protocol was far simpler to implement, we found that it was not 

effective with the HVE primary cells, and therefore, the IGEPAL method was used for 

this line.  To ensure that the method did not impact the results, the RI of MCF-7 nuclei 

was analyzed after isolation using both procedures, and no significant difference was 

observed (p > 0.07). 

3.3 QPI Microscopy 

3.3.1 Instrumentation 

The quantitative phase microscopy (QPM) system was characterized in previously 

published work [92].  Briefly, light from a supercontinuum white-light laser was filtered 

to pass 1-2 nm of bandwidth, at one of five central wavelengths (480, 540, 600, 660, or 

720 nm) an ideal spectral width for QPI.  In standard fashion, the beam was split into 

sample and reference arms, and pathlength matched prior to remixing of the two beams 

upon reaching the detector.  Objectives (0.75 NA, 40x) were placed in both arms, and the 

sample was imaged onto the camera, along with the pathlength-matched, collimated 
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reference field at a slight angle.  Integration time varied between 1-17 ms to fill the 

camera’s well depth.  

3.3.2 Image Processing 

QPI image processing was performed according to standard protocols.  A 2D 

Fast Fourier transform (FFT) was applied to each image, and the modulated carrier wave 

containing the signal field was selected for an inverse FFT.  From here, argument of the 

complex image was calculated to yield the phase of the sample.  Phase unwrapping and 

detrending were also performed according to standard methods [93]. 

 

Figure 3.2: QPI images of spherical cells and nuclei were used to decouple 
pathlength and refractive index.  By fitting a circle to the border of the cell using a 
Hough transform, the height at each spatial location may be assumed given the 
spherical geometry.  From left to right, phase images and cross sections show the 
original phase image, Hough transform best fit, spatial refractive index map, and the 
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spatially restricted map removing edge effects.  Adapted from methods presented in 
[17]. 

From each QPI image of a cell or nucleus, a refractive index was calculated.  

Using a Hough transform, the outer diameter of the circular cell border was selected.  

From this, the phase of the cell was divided by the theoretical thickness and the 

wavenumber �2𝜋𝜋
𝜆𝜆
� to obtain a spatial map of the relative refractive index Δ𝑙𝑙(𝑥𝑥,𝑦𝑦).  Since 

this is the relative refractive index, the absolute RI of PBS was added (RI = 1.335), and 

the RI map was spatially averaged in order to obtain the mean refractive index within 

the cell or nucleus.  Edge effects caused by dividing by a thin portion of the thickness 

map were mitigated by removing points less than 2 µm from the object border. 
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3.3.3 Two-wavelength Phase-unwrapping  

 

Figure 3.3: Illustration of the two-wavelength phase unwrapping algorithm, 
applied to microspheres, cells and nuclei.  The algorithm correctly reconstructs the 
true optical phase of otherwise mis-reconstructed objects, shown here using 
polystyrene microspheres in index-matching oil.  No hidden phase delay is observed 
for cell nuclei, suggesting that the low nuclear RI is not a product of improper phase 
unwrapping.  Adapted from [17]. 

The measurement of a low nuclear RI could be due to improper phase 

unwrapping which would artificially lower the phase of the image by 2π.  To test this 

theory, a two-wavelength phase unwrapping protocol is employed [94] which utilizes 

two superimposed phase images at different wavelengths to extend the range of 

possible phases which can be adequately detected.  This method improves QPI to be 

non-ambiguous over the dynamic range Λ =  𝜆𝜆1𝜆𝜆2 |𝜆𝜆1 − 𝜆𝜆2|⁄ .  We used 𝜆𝜆1 = 540 𝑙𝑙𝑚𝑚 and 

𝜆𝜆2 = 660 𝑙𝑙𝑚𝑚, which yield an unambiguous beat wavelength of ~3 µm.  This algorithm 
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was applied to all images in the study, however, unlike polystyrene microspheres with a 

large phase mismatch with the surrounding medium, no hidden phase wraps were 

observed in biological media.  Therefore, hidden phase wraps do not account for the low 

nuclear RI measured in this or previous work.  

 

3.4 Implications of a lower nuclear RI for a/LCI – Simulations and 
Analysis 

In the case of a lower nuclear refractive index, it is important to quantify the 

impact on a/LCI, which assumes that the nucleus is more optically dense than cytoplasm 

for its inverse light-scattering analysis (ILSA).  To test this, we examined the impact of 

using a traditional a/LCI library (m>1) to quantify simulated nuclear scattering profiles 

with a lower nuclear RI (m < 1).  In particular, approximately 2,000 Mie spectra were 

simulated for scattering from nuclei, with assumed parameters 𝑅𝑅𝐼𝐼𝑙𝑙𝑛𝑛𝑐𝑐 = 1.34− 1.36, 

increments of 0.01, 𝑅𝑅𝐼𝐼𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑙𝑙𝑚𝑚𝑠𝑠𝑚𝑚 = 1.36− 1.40, increments of 0.01, and diameter = 5.0-18.0 

µm, increments of 0.1 µm.  These values are representative of the range of parameters 

measured during the course of this study.  Each scattering profile assumed a distribution 

of sphere sizes of 10% around the central value, and white noise was added to produce a 

signal-to-noise ratio of 10.  These were fit using a standard a/LCI library with 

parameters 𝑅𝑅𝐼𝐼𝑙𝑙𝑛𝑛𝑐𝑐 = 1.42− 1.47, increments of 0.01, 𝑅𝑅𝐼𝐼𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑙𝑙𝑚𝑚𝑠𝑠𝑚𝑚 = 1.36− 1.38, increments 

of 0.01, diameter = 5.0-18.0 µm, increments of 0.1 µm, and size distributions of 2.5%-10%, 
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increments of 2.5%, in order to determine the capability of traditional a/LCI libraries to 

size low-density nuclei. 

To complement this approach in a more realistic setting, simulated data were 

created for expected clinical measurements with lower nuclear RI and also analyzed.  

These were constructed by sampling from the above library of parameters, but using 

populations with a Gaussian distribution of sizes centered around the mean nuclear 

diameters for healthy and dysplastic cervical nuclei taken from the literature (8.25 and 

13.0 µm, respectively [95], with a standard deviation of 10% [96]).  These populations 

were fit using the traditional a/LCI library, and the ability to discriminate healthy from 

dysplastic nuclei using the “incorrect” library was evaluated. 
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3.5 Results 

3.5.1 Cell and Nuclear RI 

 

Figure 3.4: Nuclear and whole-cell refractive index measurements for each 
chosen cell line at 540, 600, 660, and 720 nm.  In each case, the nuclear refractive index 
appears to be lower than the whole-cell RI, indicating that the nuclear RI is lower 
than cytoplasm.  Adapted from [17]. 

The measured nuclear and whole-cell refractive indices are shown in Figure 3.4.  

At λ = 540 nm, the refractive index of whole cells was determined to be 1.3775 ± 0.0058, 

1.3568 ± 0.0068, 1.3662 ± 0.0039, and 1.3730 ± 0.0040 for MCF-7, A549, BEAS-2B, and HVE 
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cells, respectively.  The corresponding nuclear refractive indices were 1.3509 ±0.0042, 

1.3524 ± 0.0029, 1.3527 ± 0.0028, and 1.3427 ± 0.0024.  In each case, the nuclear RI appears 

significantly lower than the whole-cell RI, suggesting that the cell nucleus is indeed less 

dense than cytoplasm.  Our results for MCF-7 cells are quite close to previously derived 

figures [16], suggesting that our method is robust.  The type of cell (cancerous, virally 

transformed, primary) did not change the conclusion of a low nuclear RI. 
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3.5.2 General Nuclear Sizing with a RI Mismatch 

 

Figure 3.5: (Top) Example simulated Mie scattering spectrum from a low-index 
nucleus, along with its best fit from a traditional a/LCI library.  The nucleus was 
correctly determined to be 12.7 µm.  (Middle) Calibration curves showing the broad 
range of ~2,000 Mie spectra from various nuclear sizes being fit with a traditional 
a/LCI library.  The mean error is 1.36 µm (left) but this improves with seven-fold 
averaging of similar samples to 0.78 µm (right).  (Bottom) A Bland-Altman plot 
showing the fit error as a function of the test diameter.  Approximately half of the 
error is systematic, which does not result in diagnostic degradation in a/LCI.  Adapted 
from [17]. 
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Figure 3.5 shows the results of the “mismatched” library a/LCI inverse analysis.  

In general, there is a moderate correlation between the true size of a low-index nucleus 

and its measured value using a traditional a/LCI library.  In clinical a/LCI studies, the 

nuclear diameter obtained from several scans is typically averaged to improve 

reliability.  Once averaging of several “scans” taken from the tissue are accounted for 

(represented experimentally by ~10% variations in the size of scatterers in each scan, 

followed by averaging of the results) the correlation becomes much better, with a 

coefficient of determination of 0.94 and a mean error of only 0.78 microns.  In practice, 

half of this error is systematic, represented by a 0.691 µm artificial “shift” downward in 

the fitted diameter.  A random error term with standard deviation 0.689 µm remains, 

which is less than the wavelength of light and significantly smaller than the change in 

nuclear diameter seen when dysplasia is present (4-6 µm). 

The simulated clinical data is displayed in Figure 3.6.  Representative 

populations of simulated healthy and dysplastic nuclei were created with N=100.  The 

healthy and dysplastic populations had diameters of 8.25 ± 0.83 µm and 13 ± 1.3 µm, 

respectively.  The RI of the nucleus and cytoplasm were chosen to be 1.34 and 1.39, 

respectively, which were chosen based on the measurements of the HVE cells in this 

study, and which are representative of the types of cells analyzed in cervical 

applications of a/LCI. 
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3.5.3 a/LCI Clinical Simulation with a RI Mismatch 

 

Figure 3.6: (Left) Simulated clinical populations of “healthy” and “dysplastic” 
cervical tissues with a low nuclear RI, which replicate those measured in a typical 
clinical application of a//LCI.  (Middle) Same populations measured using a 
traditional a/LCI library.  While diagnostic power is roughly maintained, substantial 
spreading of the data exists. (Right) The same populations after averaging N=7 similar 
measurements.  The original distributions are very nearly recreated, despite the 
incorrect assumption of the nuclear RI.  Adapted from [17]. 

When analysis of single measurements was performed using a traditional a/LCI 

library, the populations remained distinct, but a large absolute error was imparted, with 

the healthy and diseased populations exhibiting measured nuclear sizes of 8.14 ± 1.97 

µm and 14.39 ± 2.01 µm.  Upon multi-sample averaging (N=7) in the same manner as 

described in Figure 3.5, the populations much more closely resemble the original 
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populations, with sizes of 7.94 ± 0.73 µm and 14.1 ± 0.89 µm.  These results in total 

suggest that traditional a/LCI analysis is able to correctly predict the nuclear diameter 

with sufficiently low error, even when an incorrect assumption of the nuclear RI is 

made. 

3.6 Summary 

In this chapter, we presented measurements of the nuclear and whole-cell RI in 

four very distinct cell lines, confirming the early results of Schürmann et al. [16] in new 

cell lines while validating their counterintuitive result.  We further investigated whether 

improper phase unwrapping was contributing to this measurement using a two-

wavelength phase unwrapping algorithm, and found that the nuclear RI values were not 

corrupted by poor phase unwrapping.  We also exmained the impact of these results on 

a/LCI inverse light scattering analysis, and found that as long as sufficient sample 

averaging was performed, the results closely match the correct nucleus diameter values 

despite an erroneous assumption of the nuclear RI.  Thus, a/LCI diagnostic capability 

remains, despite an inaccurate assesment of the underlying RI. 

Since these results were published, a number of studies have confirmed these 

findings, both using interferometric imaging and unrelated techniques [97-99].  For a 

complete summary of the current state of the discussion rearding this topic, please see 

[18], which summarizes our results and addresses concerns raised by third parties. 
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Figure 3.7: Experimental results validating our finding of a low nuclear RI 
using a variety of techniques.  (Top Left) Refractive index tomograms of a HeLa cell 
using TPM.  A lower RI is apparent within the nuclear region.  (Top right) Optical 
diffraction tomography of HT29 cells, again showing a dense perinuclear region 
surrounding a less optically dense nucleus.  (Bottom) RI tomograms and 3-
dimensional renderings of an NIH 3T3 cell, showing a nucleoplasm which exhibits a 
lower refractive index compared with its surrounding.  All sub-figure lettering is 
taken from the original publication.   Reproduced with permission refs. [90, 100, 101], 
Springer Nature and The Optical Society, and adapted from [18]. 
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4. Design and development of a scanning a/LCI 
instrument 
4.1 Introduction 

a/LCI has proven highly effective for characterizing epithelial tissue health, 

especially in the esophagus, cervix and colon [11-14, 56].  One primary limitation of 

a/LCI is the lack of scanning capability, which limits its utility in larger tissues such as 

the cervix.  A typical fiber-based a/LCI probe creates a collimated spot of light with an 

area of approximately 0.2 mm2.  While this is effective, the point-and-scan approach is 

ineffective for comprehensive screening of broad tissue areas.  To give a sense of scale, 

the cervix is approximately 500 mm2 in area, while the esophagus is approximately 

16,000 mm2 in area.  Effective screening of these tissues would require 4,000 samples to 

map the cervix, or 130,000 samples to map the esophagus.  Clearly, a scanning solution 

is needed. 

Scanning in a/LCI carries unique challenges not found in other imaging 

modalities.  In OCT or confocal microscopy, a collimated beam is usually scanned across 

various angles at the back focal plane of the objective lens.  This creates a focused spot 

which scans laterally in the focal plane.  a/LCI, by contrast, excites with a collimated 

beam of light at an oblique angle, which must be maintained in order to accurately map 

the angular backscattering at the detector.  Furthermore, the entire aperture of the lens is 

used along one axis, to collect a ray-fan of scattering angles about the backward 
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direction as defined by the scattering plane.  In practice, this means that scanning along 

the dimension perpendicular to the scattering plane is achievable, while scanning in this 

same dimension is difficult.  To facilitate full 2-dimensional scanning, we implement a 

reflection-only three-optic rotor, or ROTOR prism, which consists of three mirrors on a 

rotational axis and acts as an image rotator.  This allows us to rotate the easily-scanned 

axis in a/LCI, creating an asterisk-shaped scanning profile.  Further information is 

provided in the following sections. 

4.2 Instrument 

The scanning a/LCI instrument can be sub-divided into two portions – the 

scanning instrument and the a/LCI optical engine.  In this study, an a/LCI optical engine 

developed for commercial applications by Oncoscope, Inc. was modified for scanning by 

introducing additional optics and opto-mechanics on an optical table.  This allowed for 

validation of the basic mechanisms of the scanning procedure while offering a robust 

back-end system for reliable detection of the scattered light.  A full description of each 

portion of the instrument follows, including the optics, source and detector, along with 

associated electronics and imaging configurations.  A description of the data processing 

steps is also presented, especially when they deviate from the general a/LCI data 

processing procedures outlined in Chapter 2. 



 

 

45 

4.2.1 Scanning instrument 

 
Figure 4.1: Scanning a/LCI instrument, consisting of two 4-f lens 

configurations with an image rotating “ROTOR” prism and distal scanning mirror.  
Adapted from [23]. 

The scanning portion of the system is shown in Figure 4.1.  The device consists of 

two 4-f imaging systems, combined with a reflection-only three-optic rotator, or ROTOR 

prism.  The illumination beam is shown in red, with two scattered light beams shown in 

green and blue, respectively.  The imaging system is an augmentation of a previous 
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standalone a/LCI system, such that the collimated illumination light emerging from the 

GRIN lens – usually the point of tissue illumination – is collected by the first lens of the 

imaging system.  Lenses L1 and L4 have a focal length of f = 30 mm, while lenses L2 and 

L3 have focal lengths of f = 100 mm.  All lenses are achromatic doublet lenses with a 

diameter of 1”. 

The scanning mirror is a gimbal-mounted 1” silvered mirror (ThorLabs) which, 

significantly, is capable of two-axis scanning motion.  For a proof of concept design, the 

mirror is adjusted by hand, while more advanced systems will use voice-coil type two-

axis scanning mirrors.  The ROTOR prism consists of three elliptical mirrors, chosen to 

prevent loss of aperture as they are angled relative to the optical axis.  A custom 3D-

printed mount holds the mirrors at a 55-degree angle, while a third mirror is held off-

axis.  The entire three-mirror structure is mounted on two rotational 1” cage plates to 

rotate as a single unit, which acts as a continuously variable image rotator.  A given 

rotation of the ROTOR by an angle 𝜃𝜃 will rotate the image by twice that amount, or 2𝜃𝜃. 

4.2.1.1 Operating Principal 

The basic operating principal of the ROTOR system is summarized in Figure 4.2.  

In the lens plane, an off-axis a/LCI beam is collimated from the edge of the lens, in order 

to pass a collimated beam to the center of the sample plane, L’.  From this configuration, 

it is relatively simple to scan the beam along the “scanning axis” or the direction 
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perpendicular to he collected ray fan which comprises a typical a/LCI profile.  This 

movement constitutes a one-dimensional, or “line” scan of a sample.  To extend this 

functionality into the second spatial dimension, the rotor is turned at an angle 𝜃𝜃, rotating 

the scanning and collection axes by 2𝜃𝜃.  This allows a further 1-dimensional scan at a 

separate, distinct angle along the sample plane S’.  Repetition of this procedure allows 

access to a circular region of the sample plane, restricted only by the aperture of the lens 

plane L’. 

 

Figure 4.2: Illustration of the scanning mechanism inherent to the system.  The 
lens plane and sample plane are represented in Figure 4.1 as L’ and S’, respectively.  
In the lens plane, a ray-fan is detected along the collection axis, while scanning is 
readily achieved along the scanning axis.  A simple image rotation expands this from 
a one-dimensional scanning system to a 2-D system.  Adapted from [23]. 



 

 

48 

4.2.2. a/LCI Optical Engine 

The a/LCI optical engine is a modified commercial device from Oncoscope, Inc.  

Light from a superluminescent diode (λ = 830 nm) is split into sample and reference 

beams using a fiber splitter.  A polarization-maintaining (PM) fiber is used in the sample 

arm to deliver the light to the tip of a custom forward-viewing fiber probe, where the 

light is collimated and directed to the sample at a slight angle (~15°) by a gradient index 

rod lens.  Scattered light is collected by the same lens, and relayed back to the system by 

a leached imaging bundle (Schott), with each element in the bundle receiving light 

scattered at a distinct angle.  The proximal face of this bundle is imaged onto the slit of 

an imaging spectrometer (SP-2150i, Princeton Instruments) after being mixed with a 

collimated reference beam which has been matched in optical pathlength.  The a/LCI 

field is detected using a CCD camera (PIXIS 100). 

4.2.3. Data processing 

a/LCI data processing is performed according to standard protocols, as outlined 

in Chapter 2.  Four scans are taken, using an internal optical switch within the a/LCI 

engine to capture an interferogram, reference, sample, and dark scans.  These were used 

for background subtraction to isolate the interferometric term in the acquisition.  At each 

point, eight background-subtracted scans were taken and averaged to improve SNR.  

Integration time for each sub-scan was 100 ms. 
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Once processed, the a/LCI scans were averaged in depth over ~480 µm, 

representing the range of available scattering data, and fit using a library for polystyrene 

microspheres in PDMS.  The library contained 131 possible spectra, which map the 

possible range of size parameters for the microspheres.  Parameters included refractive 

indices for PDMS and polystyrene of 1.41 and 1.58, an illumination wavelength of 0.83 

µm, and a size standard deviation of 1%, matching the measured value of the 

commercially purchased microspheres.  Potential sizes ranged from 5-18 µm in 

increments of 0.1 µm.  All simulated Mie scattering patterns were created using MiePlot 

[102], an open-source software program for computing angle-resolved light scattering 

distributions. 

The measured scattering profile was low-pass filtered and fit with a 2nd-order 

polynomial, which was subtracted to isolate the oscillatory component attributable to 

Mie scattering.  The best fit was determined as the simulated spectrum which gave the 

lowest chi-squared error. 

4.3 Phantom Preparation 

Scattering phantoms were constructed according to standard methods, with 

some variation to create phantoms with spatially varying properties.  100 µL of 

polystyrene microsphere in water (Thermo Fisher Scientific) were centrifuged into a 

pellet, the supernatant was removed, and the spheres were left to dry in a vacuum 
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chamber overnight.  To this pellet was added 1 mL of Sylgard 184 PDMS elastomer, 

mixed in a 10:1 ratio between base and curing agent, and the resulting fluid was heavily 

mixed and sonicated to separate the beads, remove air bubbles and avoid clumping. 

To create spatially varying scattering patterns, microsphere fluid with 6, 10, and 

15 µm spheres was poured into 5 mm cubic molds and allowed to solidify in a 60°C 

oven for at least 1 hour.  The resulting cubes are 5 mm on each side, contain distinct size 

microspheres, and may be stacked in a checkerboard configuration for validation of our 

scanning performance.  Figures in Section 4.4 will show representative configurations of 

microspheres for both 1-dimensional and 2-dimensional scanning. 

4.4 Validation 

4.4.1. a/LCI Functionality through a Scanning Arm  

 

 

Figure 4.3: Simulated and measured angular scattering profiles from 6 and 10 
mm microspheres embedded in PDMS, respectively.  The scattering pattern closely 
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matches the expected shape, even after the addition of scanning optics.  Each 
microsphere size is accurately identified.  Adapted from [23]. 

Validation of the system was first performed with and without scanning optics in 

place, in order to test the efficacy of the system with the additional optical train.  To 

accomplish this, an array of microsphere phantoms, with scatterer sizes 6, 8, 10, 12, and 

15 µm were characterized using both systems, and fit using the a/LCI analysis code.  Six 

measurements of each size were performed, with sample repositioning each time to 

avoid degenerate measurements.  Representative scans through the scanning arm are 

shown in Figure 4.3, where the microspheres are correctly sized to 6.0 and 10.0 µm, 

respectively. These measurements were taken from the center of the scanning profile to 

provide simple validation of the new optical system. 

 

Figure 4.4: Calibration curves comparing scatterer-sizing performance both 
without and with the addition of the scanning system.  Adapted from [23]. 
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Calibration curves comparing the device with and without scanning optics are 

shown in Figure 4.4.  In each case, the system is quite capable of sizing microspheres, 

with mean errors of 0.15 µm without and 0.23 µm with scanning optics, respectively.  

Coefficients of determination (r2) were 0.997 and 0.993 without and with scanning optics, 

suggesting that no significant loss of performance is observed  Thus, introduction of the 

scanning system does not impart a significant loss of performance for sphere sizing 

using on-axis measurements, i.e., with no scanning. 

4.4.2. 1-Dimensional Scanning 

 

Figure 4.5: Validation of 1-dimensional scanning capability of the system 
along an array of polystyrene microspheres.  Adapted from [23]. 
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To validate the ability for 1-dimensional scanning, the distal scanning mirror was 

translated manually to sample the phantom in 1 mm increments across a ~14 mm 

scanning range.  5 mm cubes containing microspheres of 10, 15, and 10 µm were placed 

adjacent to each other (see Figure 4.5).  The scanning range was determined 

experimentally to be 12 mm, over which the mean error in microsphere size was found 

to be only 0.17 µm.  This range is instructive, as it sets an upper limit on the range of 

achievable spatial points in 2-dimensional scanning.  It should be noted that slight 

changes in optical pathlength are observed during scanning at different points, which 

may be corrected using the motorized reference arm of the system as well as appropriate 

dispersion compensation. 

4.4.3. 2-Dimenional Scanning 

Two-dimensional scanning capability was validated using an array of 9 

microspheres arranged in a 3x3 grid.  The microsphere sizes, along with their measured 

values, are displayed in Figure 4.6.  Four distinct scanning profiles were taken at 45° 

increments, with 3 samples along each line taken at 5 mm intervals.  The error for each 

point was expressed both as absolute error and percentage error.  Across the entire 

scanning profile, the mean error was only 0.26 µm, much less than the wavelength of 

0.83 µm.  On a percentage basis, the average absolute error was only 2.9%, and the 

maximum error was 6.7%, corresponding to a 6 µm sphere being identified as 5.6 µm in 
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diameter.  The largest absolute error was 0.8 µm, though this was still sub-λ, and on a 

larger sphere size (15 µm), manifesting a percentage error of only 5.3%.  Overall, the 

scanning system is capable of analyzing large areas using a/LCI-based light scattering 

technology with only a modest reduction in performance. 

 

Figure 4.6: Validation of 2-dimensional scanning capacity of the system.  A 3x3 
array of microsphere phantoms is employed, with samples taken at 5 mm increments 
along four unique scanning lines, each situated at 45° from each other for sufficient 
coverage of the sample.  Adapted from [23]. 
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4.5 Ongoing and Future Work 

Ongoing studies have modified this technology for comprehensive screening of 

the cervix, in which a contact-based handheld probe was designed and implemented for 

use during routine colposcopy.  An image of the device, along with typical data, is 

shown in Figure 4.7.  A voice-coil mirror (Optotune) was used to automate the scanning 

mirror, while the ROTOR was controlled using a stepper motor and timing belt.  A 

series of relay optics within a biocompatible, 3D printed probe was used to illuminate 

the tissue, while a micro-camera and LED were integrated to enable white light imaging.  

The resulting device is a handheld, contact-based probe for comprehensive screening of 

the cervix during colposcopy.   

A study to determine the efficacy of the device was undertaken at Jacobi Medical 

Center in The Bronx, New York.  A total of 80 biopsy sites were taken from 20 women, 

and histopathology from a biopsy obtained during colposcopy was taken to compare 

with the results obtained from a/LCI.  While analysis is ongoing, typical data are 

displayed in Figure 4.7(B).  From this patient, nuclear diameters from three biopsy sites 

were computed to be 8.33, 8.89, and 9.075 µm, while the biopsies were classified by a 

pathologist as non-dysplastic.  This matches previous studies, which suggest that 

dysplasia is excluded when the nuclear diameter is <10.5 µm [12]. 
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Figure 4.7: Clinical a/LCI device based on ROTOR technology.  (A) En face 
white light image of the cervical os, surrounded by a pseudo-random cloud of a/LCI 
sampling points.  (B) Map of nuclear diameter across the cervix.  Histology identified 
all biopsies as healthy, while all a/LCI scans computed a nuclear diameter of <10.5 
µm.  (C,D) Photo and CAD files of the device, showing internal components. (E) The 
ROTOR prism, which is controlled via a stepper motor and timing belt system.  
Adapted from [103]. 
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4.6 Discussion 

A primary limiting feature of the a/LCI technology is dynamic reduction in 

aperture associated with scanning motion.  Along the different scanning pathways 

outlined in Figure 4.6, we found that the angular scattering range detected by our 

system was [1.15°, 24.85°] for scanning along the horizontal axis, [1.15°, 20.35°] for 

scanning along a line 45° to this line, and [1.15°, 17.35°]  along the vertical scanning axis.  

This represents a reduction of 0.07-0.13° of angular range per degree of line scan 

rotation.   Reduction of the angular range in a/LCI can lead to a reduction of the imaging 

performance of the system [25], which may be a concern for more advanced or clinically 

relevant devices which must incorporate this technology in a more user-friendly 

platform. 

A further limitation of this method is that the spatial field of view is 

fundamentally limited by the diameter of the distal optic, suggesting limited utility in 

endoscopic applications (such as the esophagus) where access is constrained.  A non-

telecentric design, or custom multi-element illumination and collection optics may help 

push past this barrier in future iterations.   

4.7 Summary  

To summarize, a scanning a/LCI system was built and validated both for 1-

dimensional and 2-dimensional scanning across a technical sample.  The resulting 
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system demonstrated an approximately 800-fold improvement in accessible area during 

scanning, which is useful for large tissue surfaces such as the esophagus and cervix.  

Ongoing work is being performed to validate this technology to comprehensively scan 

the cervix for evidence of dysplasia. 
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5. Comparison of imaging bundles for coherence-
domain imaging 
5.1 Introduction 

Endoscopic coherence imaging modalities such as a/LCI rely on coherent fiber 

bundles (often referred to as “imaging bundles”) for propagation of optical fields 

between the patient or sample and the detector scheme.  Imaging bundles are optical 

devices which consist of hundreds or thousands of individual optical fibers stacked as a 

unit, which map an optical field from the input plane to the output face of the bundle.  

The term “coherent” means that the fiber orientation is preserved through the length of 

the bundle, and imparts the same meaning as “imaging” suggesting that an image may 

be transmitted down the length of the bundle.  Individual fiber elements are typically 

stacked together as preforms and drawn as a single unit, creating a monolithic structure 

for transmitting images. 

For coherence-domain imaging, certain properties of imaging bundles are 

desired.  First, imaging through a fiber bundle is limited by the spatial resolution of the 

fiber cores, which necessarily sample the object field at discrete points.  Parameters such 

the core size, core-to-core spacing, and open area ratio (OAR) are good descriptors here, 

where OAR refers to the fraction of the fiber face which is encompassed by core 

elements which transmit light rather than cladding elements which do not.  The 



 

 

60 

numerical aperture (NA) of the fiber is also useful here, as it describes the ability of the 

fiber to gather light, and is a good indicator of the optical throughput of the system. 

The other primary consideration for imaging bundles is their coherence-domain 

performance.  An essential parameter to describe this type of performance is the number 

of modes capable of being transmitted within each fiber element, where the  V-

parameter 𝑉𝑉 =  2𝜋𝜋𝑚𝑚
𝜆𝜆
𝑁𝑁𝑁𝑁 describes the modal properties as a function of the core radius 𝑎𝑎, 

the wavelength of light in air 𝜆𝜆, and the numerical aperture 𝑁𝑁𝑁𝑁 =  �𝑙𝑙𝑐𝑐𝑐𝑐𝑟𝑟𝑐𝑐2 − 𝑙𝑙𝑐𝑐𝑙𝑙𝑚𝑚𝑑𝑑2 .  The 

V-parameter approximately predicts the number of modes which will  propagate 

through the fiber, which approaches 𝑉𝑉
2

2�  for large numbers of modes.  A fiber is 

considered single-mode if V < 2.405.  For coherence-domain imaging, single-mode 

performance is highly desired to ensure efficient delivery of the light without “ghosting” 

artifacts.  Fiber elements with large cores or numerical apertures allow these artifacts, 

which also worsens the SNR of the system by dividing the light among multiple optical 

modes. 

Finally, crosstalk is a concern for many imaging bundles.  Crosstalk occurs when 

light confined to one core element escapes to an adjacent element, leading to a loss of 

spatial resolution because of core-to-core “blurring”, as well as a loss of coherence due to 

the various optical paths traversed by the photons.  Low crosstalk is often achieved by 

using an appropriate amount of cladding material, increasing the RI difference between 
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the core and cladding glasses, inserted an absorbing glass between elements, or even by 

introducing variation in the core sizes and shapes, which may be understood as a form 

of Anderson localization [20]. 

In this work, we fully characterize the array of available fiber-optic bundles for 

coherence-domain imaging.  In addition to commercially available bundles from 

Fujikura and Sumitomo, we contracted with a corporate partner (Collimated Holes, Inc.) 

to develop custom bundles.  To characterize physical properties of the bundles, 

comprehensive analysis of the NA, core-to-core spacing, OAR, and core diameter were 

performed.  To characterize modal properties, two interferometers were constructed, 

including a Michelson-type interferometer in the mold of spectral-domain OCT, and a 

Mach-Zehnder interferometer similar to that used in a/LCI.  From these properties, 

conclusions regarding the capabilities of these fibers for coherence-domain imaging are 

drawn. 

5.2 Bundle Overview 

In this work, six imaging bundles are characterized, spanning the range of 

available commercial options.  From Fujikura, we investigated two bundles (FIGH-10-

500N and FIGH-10-350S) which are drawn to active area diameters of 460 and 325 µm, 

respectively.  Each bundle contains ~10,000 active fiber cores.  A similar bundle from 

Sumitomo is utilized (IGN-05/10), which also contains ~10,000 elements within an active 
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area of 450 µm, but boasts a smaller numerical aperture when compared with the FIGH-

10-500N.  In addition to these three commercially available options, we purchased 

custom-drawn imaging bundles from Collimated Holes, Inc.  Each Collimated Holes 

(CH) bundle utilized K5 and N16B Schott glasses for the core and cladding, respectively, 

with an extramural absorbing (EMA) glass between elements to reduce crosstalk.  The 

same preform structure was used for each bundle, and drawn to different cross-sectional 

areas such that the final core sizes were 4.5, 4.7, and 5.0 µm. 

5.3 Methods  

5.3.1 Analysis of Bundle Imaging Characteristics 

 

Figure 5.1: Schematic demonstrating quantification of the core diameter, open 
area ratio, and core-to-core spacing.  Simple white-light images are taken on an 
inverted microscope and thresholded to isolate the cores, from which quantitative 
metrics may be extracted.  Adapted from [24]. 
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To determine the physical properties of each bundle, white light microscopy was 

used to acquire an image of the fiber face, which was back-illuminated to highlight the 

cores.  An objective lens (NA = 0.65, 40x) was employed on a Zeiss Axiovert 200 

microscope, and the images were acquired using a USB camera (Flea3, FLIR). 

Images of the bundle faces were processed using a custom MATLAB script.  Each 

image was binarized to isolate the core elements, from which the effective core diameter 

was calculated as the diameter of a circle with equivalent area.  Open area ratio was 

calculated from a 50 x 50 µm region, by quantifying the percent area encompassed by 

the fiber cores.  Lastly, the centroid of each binarized core element was localized, and the 

lateral distance between adjacent centroids was used to calculate the core-to-core 

spacing.  This process is outlined in Figure 5.1. 

5.3.2 Analysis of Coherence-Domain Imaging Capacity 

To determine the coherence-domain imaging performance of the bundles, two 

interferometers were constructed.  First, a low-coherence Mach-Zehnder interferometer 

was built using a superluminescent diode (Superlum Broadlighter, λ = 830 nm) as a light 

source.  The bundle under test was placed in the sample arm, and its entire face was 

illuminated using a slightly defocused achromatic lens to give even illumination.  A 4-f 

lens system was used to relay an image of the distal end of the bundle to the slit of an 
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imaging spectrometer, where the light was combined with a collimated, pathlength-

matched reference field.  A diagram of the interferometer is shown in Figure 5.2. 

The second interferometer was built using a low-cost OCT engine (Lumedica, 

Durham NC).  An objective lens was added to the front of the scanner body to form a 

tight focal spot, which was scanned using the internal MEMS scanning mirror within the 

optical engine.  The flat-polished distal end of the bundle was used as a retroreflector, 

and B-scans of the double-pass reflectance profile were created to understand the modal 

performance of the bundles.  The OCT-based interferometer is also shown in Figure 5.2. 

 

Figure 5.2:  Interferometers used to characterize coherence-domain properties 
of the imaging fiber bundles.  The top interferometer represents the a/LCI-line Mach-
Zehnder interferometer, while the bottom device is built using a low-cost OCT 
engine.  Adapted from [24]. 
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5.4 Results  

5.4.1 Imaging Performance 

The geometric imaging properties of each of the six fiber bundles are 

summarized in Figure 5.3.  Visually, it is evident that the commercially available 

bundles exhibit small, irregular core elements, while the custom bundles have larger, 

circular core elements.  The mean effective core diameters ranged from 1.7 to 2.7 µm for 

the commercial bundles, and the diameters of the core elements closely matched the 

specified diameters of 4.5, 4.7, and 5.0 mm to within ~0.1 µm.  Critically, the custom 

bundles exhibited a lower standard deviation in their effective core diameters (2-3%) 

when compared with the commercial options (7%), as well as cores which are visibly 

more circular.  There is some previous work suggesting that non-circular waveguides 

exhibit modified propagation constants depending on their degree of non-circularity 

[104] implying that the custom bundles may be more reliable options for applications 

which require reliable inter-core optical pathlength. 
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Figure 5.3: Geometric imaging results for each of the six fiber bundles.  
Commercially available bundles exhibit smaller cores in the 1.5-3 µm range, with 
tight core-to-core spacing and large OAR of 0.2-0.3.  Custom-designed bundles exhibit 
core diameters of 4.5-5.0 µm (to specification) with larger core-to-core spacing and a 
small OAR of around 0.15.  Adapted from [24]. 

The core-to-core spacing of the bundles closely mirrors the patterns of their 

effective core diameters.  For the commercial bundles, the core-to-core spacing ranged 

from 3.3 - 4.7 µm on average, while the custom drawn bundles ranged from 10 - 11.5 µm.  

The OAR was confirmed to be much higher for the commercial bundles, with values of 

0.31, 0.21, and 0.25 for the FIGH-10-500N, FIGH-10-350S, and IGN-05/10 bundles, 
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respectively.  For the custom bundles, the OAR was much lower, at ~0.15 for each of the 

three options.  Since these were drawn from the same preform, we would expect this 

value to remain constant across the three instantiations, validating our measurements.  

A comprehensive summary of our bundles’ measured imaging properties is displayed 

in Table 1. 

5.4.2 Coherence-Domain Performance 

The coherence-domain performance of the bundles is summarized in Figures 5.4 

and 5.5.  Figure 5.4 demonstrates the modal performance of the bundles in a double-pass 

interferometer using a scanning OCT device.  Along the top row (A-C), significant inter-

element pathlength variability is observed, suggesting that the variance in core shape 

exhibited by these bundles imparts a severe limitation to coherence-domain imaging 

performance.  For the custom bundles (D-F, 4.5 µm, 4.7 µm, and 5.0 µm cores, 
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respectively) the highly circular cores seem to create much more reliable performance, 

with highly stable optical pathlengths across adjacent fiber cores.   

 

Figure 5.4: Coherence-domain properties of the six bundles examined in this 
work, demonstrated by imaging the reflective surface of the distal bundle face using 
scanning OCT.  In the top row (FIGH-350S, FIGH-10-500N, and IGN-05/10, 
respectively in A-C) substantial inter-element optical pathlength variability is 
observed, likely corresponding to the varied core shapes.  In the bottom row, custom 
bundles with core diameters 4.5, 4.7, and 5.0 µm (D-F) exhibit more reliable 
performance, with 1, 2, and 3 modes clearly visible. The 4.5 mm bundle most closely 
approximates ideal coherence-domain imaging performance.  Scale bar = 200 µm.  
Adapted from [24]. 
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The 4.5, 4.7, and 5.0 µm cores appear to allow approximately 1, 2, and 3 modes to 

propagate, which become spaced in optical pathlength during propagation.  The 4.5 µm 

core most closely approximates single-mode, OPL-stable imaging.

 

Figure 5.5: Coherence-domain performance of the bundles evaluated in an 
a/LCI-like Mach-Zehnder interferometer.  Along the top row, the commercially 
available bundles fail to provide adequate OPL stability, with very wide (125-260 µm) 
dispersion-corrected interference peaks measured using full-width at half-maximum.  
Along the bottom row, the custom bundles exhibit a much narrower FWHM of 30-40 
microns.  Though larger than the source’s coherence length, this can be explained in 
part by multi-core overlap, as explained in Figure 5.6.  Adapted from [24]. 
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Table 1: Summary of imaging and coherence properties of the six fiber 
bundles analyzed in this work.  Adapted from [24]. 

 

 

Coherence-domain performance as measured in a flood-illuminated Mach-

Zehnder interferometer is shown in Figure 5.6.  An ideal bundle will have a single 

vertical interference peak with a width approaching 6.2 µm, the coherence length of the 

source.  Again, the commercially available bundles exhibit poor OPL uniformity, which 

manifests as a broad interference peak of 100-300 µm.  Though the commercially 

 FIGH-10-
500N 

FIGH-10-
350S 

IGN-05/10 C.H. 
(4.5 µm) 

C.H. 
 (4.7 µm) 

C.H. 
 (5.0 µm) 

No. of Elements 10,000 10,000 10,000 ~3,400 ~3,400 ~3,400 

Core Diameter 
(µm) 2.46 ± 0.17 1.70 ± 0.11 2.66 ± 0.19 4.51 ± 0.13 4.67 ± 0.13 5.09 ± 0.11 

Core-to-core 
spacing (µm) 4.63 ± 0.36 3.37 ± 0.30 4.60 ± 0.26 10.08 ± 0.16 10.63 ± 0.20 11.46 ± 0.12 

Active Area 
Diameter (µm) 460 325 450 680 720 780 

Flexibility Good Good Good Poor Poor Poor 
Open Area 

Ratio 0.31 0.21 0.25 0.16 0.15 0.16 

V-parameter 3.59 2.48 3.48 3.20 3.32 3.62 

NA 0.39 0.39 0.35 0.19 0.19 0.19 
Allowed Modes 

(NA = 0.3) 1-2 1 1-2 1 2 3 

Variable 
OPL/pixel? Yes Yes Yes No No No 
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available bundles fare much better, their peak still measured between 30 and 40 µm in 

width, larger than expected for single-mode performance.  Upon closer inspection, each 

peak contains 2-3 sub-peaks with FWHMs of approximately 10 µm.  Given the core-to-

core spacing, magnification and detector pixel size of 20 microns, it appears that our 

FWHM is being artificially broadened by a slight overlap of multiple pixel elements 

along each line of the detector.  A pictorial representation of this phenomenon is 

outlined in Figure 5.6. 

 

 

Figure 5.6:  Representative pictorial demonstrating multi-core overlap at the 
detector contributing to artificial widening of the coherence peak.  Each peak contains 
sub-peaks of approximately 10 microns, close of the coherence of length of source of 
6.2 microns.  Adapted from [24]. 

Finally, inter-element crosstalk is qualitatively assessed by rapidly scanning a 

focused point across one face of the imaging bundle, and photographing the blurred line 
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at the distal end after ~30 cm of propagation.  A photo of each bundle during line-

scanning is shown in Figure 5.7.  Crosstalk to 2-6 adjacent core elements is visually 

apparent in the commercial bundles, and appears worse for the bundles with smaller 

core elements.  For the custom bundles, the light appears relatively confined within each 

core.  Unfortunately, this may be due to the extramural absorbing (EMA) glass added 

between elements as a part of the drawing process.  While this certainly reduces 

crosstalk, the photons decoupled from the individual cores become absorbed by the 

glass, and become lost.  This is in addition to the poor throughput of borosilicate glasses 

(10-20% per meter), suggesting throughput on these bundles may be a concern. 
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Figure 5.7: Characterization of crosstalk after propagation down a ~30 cm 
length of fiber bundle.  The light is poorly contained in the commercial bundles (A-
C), but lower crosstalk is observed in the custom bundles (D-F).  This may be due to 
the presence of the EMA absorbing glass in the custom bundles.  Adapted from [24]. 

 

5.5 Discussion 

A complete summary of the parameters studied in this work is displayed in 

Table 1.  It should be noted that the V-parameter displayed in the table is computed 

using the numerical aperture of the fiber element, and will be lower in practice if the 

illumination cone is restricted to a lower NA.  Though V-parameter cutoffs for single-

mode, two-mode and three-mode performance are V < 2.405, V < 3.832, and V < 5.520, 
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respectively, we saw one, two and three modes visible in bundles with estimated V-

parameters of 3.20 and 3.32, and 3.62.  This may be explained in part by the use of a 

broadband light source, which may allow for multimode propagation of only the 

shorter-wavelength portion of the spectrum.  Slight errors in core size and shape, as well 

as accurate knowledge of the refractive indices of the core and cladding glass materials, 

are also confounding factors.  

Leached imaging bundles  represent an alternative fiber-bundle scheme which 

have been extensively analyzed for coherent imaging applications [105], and so were not 

studied here.  Leached image bundles are created using a rigid bundle structure made of 

an acid-soluble material, which is leached away after the bundle is drawn, leaving a 

flexible image guide.  While these bundles have been used extensively for a/LCI, their 

construction consists of loose core elements on the order of only a few microns, and thus 

have limited mechanical stability.  They also tend to be quite expensive and exhibit poor 

optical throughout (~10% per meter, [19]), limiting their utility and suggesting the need 

for improved image-transmissions schemes for a/LCI and other coherent imaging 

modalities. 

5.6 Feasibility for a/LCI 

The ultimate goal of the work presented in this chapter was to assess the 

feasibility of these bundles for use in next-generation angle-resolved low-coherence 
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interferometry technology.  The ideal fiber bundle for a/LCI will exhibit high 

throughput, be flexible, permit single-mode performance in the near infrared, and show 

very stable inter-element optical pathlength variability between cores.  On the last 

parameter, the commercially available bundles from Sumitomo and Fujikura fail 

dramatically.  It is clear that these bundles are designed exclusively for white-light 

imaging, and the core elements are made as small as possible, at the expense of core 

circularity and size reliability.  These bundles do not exhibit acceptable performance for 

a clinical a/LCI device. 

The custom bundles, on the other hand, have excellent modal performance for 

use in a/LCI, particularly the 4.5 µm-core bundle, which permits a single optical mode to 

propagate and displays minimal crosstalk.   Unfortunately, the bundle is made of a 

borosilicate (lens) glass which is highly brittle and is subject to breakages, a problem for 

the clinical requirement of a flexible probe.  Furthermore, borosilicate glass does not 

have the same optical throughput as fused silica glass, which may be a concern for the 

longer bundles (2-3 meters) required for an endoscopic device.  While the bundle 

appears to offer minimal crosstalk, this is likely helped by the extramural absorbing 

(EMA) glass which actively absorbs the lost photons.  This loss contributes to low optical 

throughput, which may ultimately limit clinical utility. 
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5.7 Summary 

In this work, we examined a wide array of commercial and custom-drawn fiber 

optic imaging bundles for their utility in coherence-domain imaging.  While the 

commercially available bundles exhibit inter-element pathlength variability which 

disqualifies them from most interferometric imaging techniques, custom-drawn bundles 

with more standardized core shapes and sizes can exhibit excellent performance once 

the parameters of the bundle are optimized.  Even for these bundles, hurdles in 

mechanical reliability and throughput remain.  Future work will assess custom-designed 

fiber configurations for high-throughput, single-mode imaging performance, ultimately 

to advance next-generation a/LCI technology. 
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6. Angular range, sampling, and noise considerations 
for inverse light scattering analysis of nuclear 
morphology 
6.1 Introduction 

In the previous chapter, coherent fiber bundles were evaluated for the creation of 

novel a/LCI fiber probes.  As hinted in Chapter 5.7, our goal is to create a novel a/LCI 

probe consisting of an array of single-mode fibers, stacked in a linear array to sample the 

scattering function.  Due to the relatively large cladding of single-mode optical fibers, 

the scattering function 𝐼𝐼(𝜃𝜃𝑙𝑙) will be necessary sampled with a larger ∆𝜃𝜃 between 

measurements as compared with a traditional fiber bundle.  This sampling limitation 

will be compensated by increased throughput and lower extramodal noise, but 

justification for the efficacy of a method which reduces sampling is still needed.  

 Inversion of the discretely sampled angular scattering function, and prediction 

of the nuclear size and density indicative of dysplasia, is the central problem of a/LCI.   

Until this point, it has not been confirmed whether a/LCI devices are optimized to collect 

a portion of the scattered field most likely to result in accurate diagnostics.  To address 

this problem, an a/LCI clinical dataset [12] from a cohort of 40 patients undergoing 

cervical biopsy was computationally analyzed, while varying parameters such as the 

angular range, sampling, and scattering noise.  The original work demonstrated 

sensitivity and specificity of 100% and 97%, respectively.  For this analysis [25],  
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sensitivity and specificity are reported, as well as alternative diagnostic metrics such as 

the area under the receiver operating curve (AUC) and negative predictive value (NPV) 

for detecting dysplasia in modified versions of the clinical dataset, in order to 

understand the impact of the scattering function on the efficacy of diagnosis.  Data from 

this study is used to guide the creation of novel a/LCI fiber probes. 

 

 

Figure 6.1: Pictorial representing the data collection process in a/LCI.  The 
scattered field is sampled at a frequency 1/∆θ for an angular range 𝜽𝜽𝜽𝜽 =  𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽 −  𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽.  
Adapted from [25]. 
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6.2 Methods 

6.2.1 Data Processing 

 

Figure 6.2:  Data processing scheme for a typical a/LCI scan.  Adapted from 
[25]. 

 

Angular scattering profiles obtained from a previously reported clinical dataset 

[12] were processed according to standard protocols, as outlined in section 2.4.2 of this 

document.  A schematic diagram of the a/LCI analysis process is shown in Figure 6.2.  

After collection of the a/LCI scan 𝐼𝐼(𝜃𝜃, 𝑑𝑑), which measures the scattering intensity as a 
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function of scattering angle 𝜃𝜃 and sample depth 𝑑𝑑, an angular scattering profile 𝐼𝐼(𝜃𝜃) is 

selected at the basal layer of the epithelium.  The profile is low-pass filtered, normalized, 

and detrended using a low-order polynomial, as outlined in Section 2.4.2.  It is then 

compared with a library of pre-computed angular scattering profiles derived from Mie 

theory, which produces a prediction of the nuclear diameter and nuclear density. 

In the analysis in this chapter, each dataset was subjected to a reduction in 

information prior to processing, either by reducing the angular sampling, angular range 

at the high and low ends of the distribution, or both.  The original dataset consisted of 

scans from 40 patients, for a total of 63 optical biopsies. Each optical biopsy consists of 

~50 a/LCI scans per biopsy, for a total of 8,190 a/LCI scans per dataset.  In this work, 130 

versions of the modified clinical dataset were created, for a total of ~410,000 scans.  

Because each scan is compared with ~10,000 simulated angular scattering profiles, the 

total number of comparisons performed in this work was ~4.1 billion.  With the 

associated signal processing schemes as outlined in section 2.4.2, the total computation 

time for this study was approximately 1 week on a standard desktop computer. 

6.2.2 Range of Parameters 

The simplest parameter addressed in this work was sampling frequency.  To 

avoid interpolating clinical data, which is computationally time-consuming and may 

eliminate features in the scattering signal, sampling was varied at integer multiples of 
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the native sampling period ∆𝜃𝜃 = 0.45°, such that new clinical datasets are created with a 

∆𝜃𝜃 of 0.45°, 0.9°, 1.8°, 2.7°, 3.6°, and 4.5°.  For each new synthesized dataset, sensitivity, 

specificity, AUC and negative predictive value were reported. 

A reduction of the scattering function may also include a reduction in angular 

range, as seen in recent modified a/LCI devices [23] and discussed in Section 4.6.  A 

reduced angular range may result from obscuration of either end of the scattering 

function, either near backscattering or at the other extreme of the range.  To test both 

cases, we fixed either the minimum or maximum angles of the original dataset (2.5° and 

33.3°, respectively), and gradually reduced the opposite end of the angular range in 0.9° 

intervals.  The angular range 𝜃𝜃𝑟𝑟 was varied between 19.9° and 30.8° to understand the 

effect of a reduced angular scattering function, both near backscattering and at the far 

end of the angle range. 

Modification of the angular range and sampling frequency are not necessarily 

related.  Furthermore, design of novel a/LCI systems may involve a balance between 

both parameters.  To comprehensively map the parameter space, clinical datasets with 

various combinations of the sampling frequency ∆𝜃𝜃, minimum angle 𝜃𝜃𝑚𝑚𝑖𝑖𝑙𝑙, and 

maximum angle 𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚 were created and processed.  For every combination of 𝜃𝜃𝑚𝑚𝑖𝑖𝑙𝑙 and 

𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚, the six sampling periods of 0.45°, 0.9°, 1.8°, 2.7°, 3.6°, and 4.5° were investigated.  

In total, this portion of the investigation comprised 130 modified datasets. 
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Finally, the impact of noise was investigated.  Gaussian noise with a standard 

deviation ranging from 0% to 250% of the angular scattering signal was applied to 

simulated “digital phantoms” which match the properties of the clinical dataset (nuclear 

size and density) without any added experimental noise.  Gaussian noise was selected 

over other forms of noise because it represents the sum of a deterministic signal with a 

random portion.  ILSA was performed for each noise level, and the standard clinical 

metrics were reported in each case. 

6.2.3 Clinical Diagnostic Metrics 

Representative data from four primary diagnostic metrics were reported for each 

modified dataset.  Perhaps the most important are sensitivity and specificity, which 

measure the rate of true positives which are correctly measured as positive, and the rate 

of true negatives which are correctly measured as negative.  The area under the receiver 

operating characteristic curve (AUC) is also reported, where the AUC reports the 

probability that a randomly chosen dysplastic optical biopsy will be reported as 

“higher” in value when compared with a randomly chosen healthy value, under the 

assumption that dysplastic biopsies rank higher on the classifier.  Finally, negative 

predictive value (NPV) reports the likelihood that a biopsy measured as nondysplastic is 

truly nondysplastic.  It should be noted that the difference between specificity and NPV 

is subtle – specificity measures the percentage of correctly identified negatives among 
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the true negative population, while NPV is the percentage of correctly identified negatives 

among the measured negative population.  These four diagnostic parameters are reported 

for every combination of scattering function parameters. 

Typical analysis of an a/LCI dataset is shown in Figure 6.3.  Once a scattering 

function is fit, a nuclear size and nuclear density are reported and plot on a two-

dimensional grid to produce a linear classifier.  Once the entire dataset is analyzed, 

sensitivity, specificity, AUC and negative predictive value are easily extracted using the 

ROC curve and standard statistical methods [106]. 
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6.3 Results 

 

Figure 6.3: (Top) Representative data collected during an a/LCI scan.  A filtered 
and processed scattering profile is fit to a database, which produces a nuclear size and 
density.  (Bottom left) These two metrics are plotted on a two-dimensional axis for 
both dysplastic and normal samples as validated by histology, and a best fit line is 
drawn.  (Bottom right) a receiver operating characteristic curve is drawn, from which 
the quantitative metrics may be calculated.  Adapted from [25]. 

 

Results from the unmodified dataset are displayed in Figure 6.3.  The original 

dataset exhibited a ∆𝜃𝜃 of approximately 0.45° and an angular range of [2.5°, 33.3°].  
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While the published results performed pairwise binning of angular samples to improve 

SNR (and thus adjusted ∆𝜃𝜃 to 0.9°), the baseline data was re-analyzed in this case to 

compare to the native ∆𝜃𝜃 of 0.45°.  This data analysis produced a sensitivity and 

specificity of 1.00 and 0.93, respectively, with an AUC and NPV of 0.985 and 0.96 [25].  

These metrics are useful as a baseline to compare to the reduced information datasets 

analyzed here. 

First, the effects of reducing the sampling frequency are evaluated, with results 

displayed in Figure 6.4.  As might be predicted, diagnostic accuracy is reduced when the 

sampling frequency is reduced, though the effect is slight for sampling intervals below 

∆𝜃𝜃 = 3.6°.  The reduction in efficacy is observed across all four diagnostic parameters.  

Importantly, diagnostic power is still high when the angular spectrum is down-sampled 

8-fold, from ∆𝜃𝜃 = 0.45° to ∆𝜃𝜃 = 3.6° [25].  At this sampling interval, the sensitivity and 

specificity were found to be 0.94 and 0.82, respectively.  Though reduced, these values 

are still impressive for a diagnostic modality.  This suggests that a novel a/LCI device 

with less frequent sampling of the scattering function may be entirely feasible. 
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6.3.1 Angular Sampling 

 

Figure 6.4:  AUC, Sensitivity, Specificity, and NPV computed for various 
sampling periods.  While a shorter sampling period is generally better, a significant 
drop in diagnostic performance is not observed until ∆𝜽𝜽 > 𝟑𝟑.𝟔𝟔°.  Adapted from [25]. 
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6.3.2 Angular Range 

 

Figure 6.5: AUC, Sensitivity, Specificity, and NPV for various angular ranges, 
leaving either the minimum (red) or the maximum (blue) value fixed.  The system is 
more sensitive to a loss in signal closer to backscattering (the slope of the blue curve 

is steeper).  Clinical accuracy is mostly preserved for 𝜽𝜽𝜽𝜽 > 25°.  Adapted from [25]. 

 

Next, the effects of a modified angular range were analyzed, with the results 

plotted in Figure 6.5.  As expected, each of the four performance metrics are lower with 
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a reduced angular range.  Interestingly, performance drops off faster when 𝜃𝜃𝑚𝑚𝑖𝑖𝑙𝑙 is 

increased, as opposed to an equivalent reduction in 𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚.  This suggests that the angles 

close to backscattering are more important to the ILSA procedure [25].  As an example, 

when 𝜃𝜃𝑚𝑚𝑖𝑖𝑙𝑙 is fixed to its optimum value and 𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚 is reduced such that the angular range 

is only 21.7°, the sensitivity and specificity remain 0.89 and 0.90 respectively, which are 

acceptable performance metrics. 

 
6.3.3 Angular Range and Sampling – Independent Variation 

 

Figure 6.6: Four primary diagnostic parameters under free variation of the 
independent variables in this study, 𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽, 𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽, and ∆𝜽𝜽.  The left four maps hold 𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽 
fixed, while the right four hold 𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽 fixed.  Clinical accuracy remains high for ∆𝜽𝜽 > 
3.6°, 𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽 < 𝟓𝟓°, and 𝜽𝜽𝜽𝜽𝜽𝜽𝜽𝜽 > 𝟐𝟐𝟓𝟓°.  Adapted from [25]. 
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Finally, the three parameters (∆𝜃𝜃, 𝜃𝜃𝑚𝑚𝑖𝑖𝑙𝑙, and 𝜃𝜃𝑚𝑚𝑚𝑚𝑚𝑚) discussed in the previous 

sections were varied independently, with the results summarized graphically in Figure 

6.6.  As described previously, we note the importance of the signal close to 

backscattering.  Extending the angular range by decreasing 𝜃𝜃𝑚𝑚𝑖𝑖𝑙𝑙 below 6° is particularly 

impactful across sampling frequencies.  Again, given an adequate angular range, 

diagnostic performance is high for ∆𝜃𝜃 below 3.6° [25]. 
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6.3.4 Noise analysis 

 

Figure 6.7:  AUC, Sensitivity, Specificity and NPV for various levels of 
Gaussian white noise.  While the trend of poor performance with additional noise is 
expected, it is notable that good performance is observed if SNR > 1.  Adapted from 
[25]. 

The noise sensitivity analysis results are depicted in Figure 6.7, which includes 

noise ranging between 0% and 250% of the signal intensity.  A severe drop in 

performance is not observed until the noise is greater than 100% of the scattering signal, 
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corresponding to an SNR of 1 [25].  This suggests that a/LCI is quite robust to 

experimental noise in this regime.  As a point of reference, the sensitivity, specificity, 

and negative predictive value are 0.89, 0.90, and 0.88, respectively, for SNR  = 1, which 

suggests acceptable diagnostic accuracy. 

6.4 Implications for an a/LCI device using only single-mode 
fibers 

The primary motivation of this work in this chapter was the justification of novel 

a/LCI instrumentation which utilizes single-mode optical fiber instead of a coherent 

fiber bundle for scattering collection.  From this analysis, it can be ascertained that a 

well-designed system will sample the angular scattering with a ∆𝜃𝜃 of 3.6° or better, and 

will acquire signal near the backscattering direction, ideally within 6° or less.  An 

angular range of at least 25° is also highly desirable.  The use of single-mode fibers will 

likely increase ∆𝜃𝜃 from its previous value of 0.45°, however, our analysis suggests that a 

reduction in noise caused by eliminating the propagation of multiple optical modes 

within the fiber may compensate the reduction in performance from a reduced angular 

sampling frequency.   

6.5 Summary 

While performance metrics provided by this analysis can be compared with the 

original study which includes the full set of scattering data, there is no hard cutoff which 
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designates acceptable performance.  Tradeoffs in diagnostic parameters should be 

considered in concert with instrument complexity, cost, and imaging speed. 

We noted in this study the importance of signal close to backscattering.  While it 

may be that this information is more crucial to the ILSA algorithm, it should be noted 

that scattering in this regime is often stronger for Mie scattering objects, and may have a 

better SNR.  Further work is needed to understand the importance of this portion of the 

angular range. 

In this work, a comprehensive analysis of the effects of angular sampling, range, 

and noise on the diagnostic capacity of a/LCI was undertaken.  Using a modified clinical 

dataset, we obtained a thorough understanding of the contributions of each of these 

parameters, and their importance for medical devices which use angular scattering to 

compute nuclear morphologic information.  The proceeding two chapters will utilize 

this information for the design and validation of novel a/LCI instrumentation. 
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7. Design and validation of a novel a/LCI device using a 
pathlength-matched array of single-mode fibers 
7.1 Introduction 

Clinical a/LCI devices which use coherent fiber bundles suffer from the problems 

of current fiber bundle technology, as outlined in the preceding chapters.  Even using 

leached imaging bundles, current a/LCI devices suffer from reduced SNR due to 

multimode performance, loss of signal due to poor optical throughput (10-20% per 

meter), and poor mechanical stability, at a relatively high cost for a fiber component 

(~$1,000 per meter).  Cheaper fiber bundles lack the core-to-core optical pathlength 

stability required for coherence-domain imaging [24], and exhibit substantial crosstalk.  

Clearly, a better solution is needed. 

The fiber-optic solution most ideally suited to solve these issues is single-mode 

(SM) fiber.  SM fiber offers near perfect single-mode performance for a specified range of 

wavelengths, exhibits excellent transmission (>99.93% per meter), maintains flexibility, 

reduces crosstalk to essentially zero, and is extremely cheap.  In this chapter, a design 

for a  pathlength-matched linear fiber array (PLFA) is presented as a replacement for the 

coherent fiber bundle in a/LCI, using only inexpensive single-mode (SM) fiber, stacked 

and housed within a 3D-printed linear plastic ferrule.  Each fiber was meticulously cut 

using an interferometer to precisely match the optical pathlength between channels to 

within ±50 µm, maintaining the OPL stability required for coherence imaging.  To relay 
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light between the sample and the fiber array, a miniature 4f lens system was designed 

within a 3D-printed probe body to demagnify the fiber array image onto the back focal 

plane of a gradient-index (GRIN) lens, also housed within the 3D-printed probe.  To 

permit side-angle viewing, a gold-coated right-angle prism was placed before the GRIN 

lens, introducing useful side viewing functionality for imaging in the upper GI tract.  

This probe is the first a/LCI device with side-viewing capacity.  The outer diameter of 

our distal probe is also similar in size to a standard GI endoscope, improving clinical 

utility.  The result is a hand-assembled, flexible, side-viewing a/LCI probe with high 

optical throughput which uses cheap, standardized fiber-optic components.  Use of this 

device in a clinical setting will allow for rapid, biopsy-free screening for esophageal 

dysplasia using a/LCI. 

7.2 Methods 

7.2.1 Pathlength-matched Linear Fiber Array 

The first a/LCI fiber probe component to be constructed was the pathlength-matched 

linear fiber array (PLFA), which will serve to transfer scattered photons from the tissue 

to the optical engine of the novel a/LCI device.  The PLFA consists of 30 single-mode 

optical fibers stacked in a linear configuration within a custom 3D-printed ferrule, and 

matched in OPL to a precision of ±50 µm.  A Mach-Zehnder interferometer, used 

previously to assess the core-to-core OPL variability in fiber bundles [24] and discussed 
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in Chapter 5 of this dissertation, was used to precisely match the optical pathlength of 

the fibers with a sensitivity of ~5 µm.  Thirty single-mode fibers (Thorlabs SM800G80, 

cladding = 80 µm) were cut to approximately 2.5 meters using a razor blade.  A nearly 

identical fiber in length, ~1 mm shorter, was permanently jacketed and connectorized to 

serve as a pathlength standard.  To achieve interference, a pathlength-matching fiber 

was placed in the opposite arm of the interferometer. 

After noting the OPL of the connectorized reference fiber, each of the thirty bare 

fibers were sequentially placed into the sample arm of the interferometer for optical 

pathlength matching.  Using clamp-stabilized bare-fiber adapters (80 mm bore, Precision 

Fiber Products, Inc.) the bare SM fibers were temporarily connectorized such that the tip 

of the fiber extended past the end of the adaptor’s ferrule so that it was just barely 

visible to the naked eye.  This projected fiber stub was briefly air-polished to remove a 

miniscule amount of optical pathlength, and polished on a mechanical polishing tower 

(KrellTech) using a 6 µm grit polishing film for approximately 15 seconds, just enough to 

ensure a smooth surface for light to propagate.  The newly polished bare fiber was then 

inserted into the interferometer to quantify its OPL relative to the reference fiber.  If the 

fiber was still too long, it was removed and re-processed according to the described 

protocol.  Too-short fibers, when found, were discarded.  Experimentally, we found that 
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this process can remove material from the fiber in optical pathlength increments of 30-70 

µm. 

Iterative polishing and OPL inspection were repeated until 30 matched fibers were 

produced, such that each 2.5-meter fiber exhibited an error range in optical pathlength 

of ±50 µm, which corresponds to a pathlength precision of ±∆l/L = 0.002%.  In case a 

breakage caused the fiber to be unusable, the fibers were marked with black ink near the 

tip and set aside.  The typical time to complete each fiber is approximately 15-20 minutes 

for a skilled user at peak efficiency, bringing the total time to obtain 30 matched fibers to 

between 7.5 and 10 hours. 

To assemble the fibers, a 3D-printed linear ferrule was designed in SolidWorks, and 

printed on an SLA 3D printer (Form2, Formlabs).  The Form2 printer exhibits an 

excellent z-resolution of 25 µm, useful for this type of small-object assembly.  Two 

ferrule halves with total outer dimension 4.4 mm x 2 mm x 10 mm were printed with a 

slightly extruded depression measuring 50 µm deep by 3.2 mm long on each side.  After 

the two halves were combined with slots aligned and facing inward, a 100 µm by 3.2 

mm linear slot is formed.   Two access channels allowing for manual packing of the 

fibers during assembly were added to the top of the ferrule (Fig. 7.1) to simplify the 

insertion process. 
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Using adhesive tape, the two halves of the ferrule were held together temporarily 

during fiber insertion (Fig. 7.1) and placed in a fixture to prevent movement.  To ensure 

the fibers terminated in the same plane, a glass coverslip was utilized to act as a 

backstop for the fibers.  To monitor the assembly process, a color camera with a variable 

zoom lens was positioned to visually monitor the fiber assembly process. 

To control the illumination beam’s polarization incident on the tissue, a polarization-

maintaining (PM) fiber (Thorlabs, HB800G) was included at both ends of the linear fiber 

array.  To properly orient the PM fiber relative to its polarization axis, it was first 

polished using the same bare-fiber adaptor described previously to visualize the stress 

rods.  The PM fibers were, approximately 30 cm longer than the single-mode fibers to 

allow for extra working length during clinical utilization.  The PM fibers were rotated by 

hand within the ferrule, such that the “slow axis” was aligned to the dimension of the 

fiber array.   The rotation angle of the PM fiber was set by hand within approximately 5° 

of the fiber array’s axis.  Following this, each of the 30 pathlength-matched fibers was 

inserted into the ferrule sequentially, and an additional PM fiber was inserted and 

aligned at the opposite end as a backup in case the primary PM fiber broke during 

assembly.  After all fibers were in place, a single drop of low-viscosity optical adhesive 

(Norland NOA 72) was injected using a syringe, and allowed to flow into the ferrule via 

the access channels and distribute amongst the fibers.  The adhesive was then cured 
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using a high-power UV pen (LOCTITE EQ CL32).  Epoxy was also added and cured to 

protect the stripped ends of the fibers proximal to the ferrule, which are a potential 

mechanical failure point.  The fiber order was noted, with each fiber labelled, and the 

insertion process was repeated for all 30 SM fibers in order using a second ferrule to 

construct the opposite end of the PLFA. 

To protect the fibers and provide a waterproof jacketing, polyolefin heat shrink 

tubing was molded around the fibers in two layers.  First, strain-relief for the ends of the 

PLFA were created using short lengths of ¼” tubing with a 3:1 shrink ratio.  Next, the 

entire PLFA was pulled through a long tube of ¼” heat shrink tubing, which was heated 

to create a protective jacket.  This process was repeated using 3/8” tubing to prevent 

kinking.  The final PLFA was flexible and kink-resistant, with an outer diameter of 4.7 

mm.  Once the jacketing was added, each optical surface was polished using a custom 

polishing tower attachment, with extended polishing times to create a smooth surface 

for all 30 fibers.  A glass pad was used in place of the rubber polishing pads to prevent 

radiusing of the large ferrule tip.  Finally, the PLFA was assessed for fiber placement 

and for optical pathlength precision, using a benchtop microscope and the 

interferometer used for OPL-matching, respectively. 
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Figure 7.1:  Assembly process of the pathlength-matched linear fiber array 
(PLFA).  Each single-mode fiber is cut to a precise length within an interferometer, 

and inserted by hand into the custom, 3D-printed ferrule.  Polarization-maintaining 
fibers are placed at either extreme of the array for delivery of the illumination beam.  

A UV-curing epoxy is used to fix the fibers in place.   
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7.2.2 Probe body 

 

Figure 7.2: (a) Zemax design of the probe body, which maps scattering angles 
to discrete fiber cores.  (b-e) Housing for the ferrule and lens elements was designed 
in SolidWorks, and printed on an SLA-type 3D printer to house all optical elements 
without the need for epoxy.  (f) En face image of the tip of the probe, before 
introduction of the coverslip.  (g) Final assembled probe, scale bar = 10 mm. 
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Next, a miniature probe capable of mapping distinct fiber elements to angle-resolved 

scattering at the sample was constructed.  While older a/LCI instruments utilized a 

quarter-pitch GRIN lens placed in contact with the fiber bundle, [55], our PLFA is 

slightly larger than 2 mm, which is the largest diameter that a GRIN lens can be 

purchased commercially.  Therefore, an alternative scheme is required to properly 

utilize our PLFA.  In this work, we designed a miniature 4f imaging system which relays 

and demagnifies the fiber plane onto the back focal surface of a GRIN lens.  The 4f 

system consists of an achromatic lens (Edmund Optics, 𝑓𝑓 = 7.5 mm) and a molded 

aspheric lens (Thorlabs, 𝑓𝑓 = 4.03 mm), resulting in a magnification of 0.54.  Previous 

a/LCI devices are forward-viewing, although a side-viewing system is more ideal for 

upper endoscopy.  To enable this, a gold-coated right-angle prism (Thorlabs, 3 mm) was 

placed after the 4f system to bend the optical axis 90° towards a 0.23-pitch GRIN lens 

(Edmund Optics, 1.8 mm diameter), which collimates the illumination beam onto the 

sample at an angle of ~15°.  Scattered photons from the sample can be collected back 

through the optical train, such that each fiber is matched to a unique scattering angle. 

To house the optical elements, a probe body (Fig. 7.2) was designed and printed 

which would perfectly fit the contours of each lens and prism, allowing easy assembly 

such that each lens can be slotted into place.  A CAD file was created from the Zemax 

design which described the contours of the optical elements, to which 50 µm was added 
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to each solid body to create room for surface imperfections in the printed material.  This 

file was used to subtract the lens contours from a cylindrical body.  After the lens 

contours were cut, and an optical path was created to allow light to propagate.  The 

probe was printed in two halves with sawtooth mating features for easy assembly, 

which also served to increase the surface area between parts for more reliable bonding.  

To hold the GRIN lens in place, a lip was added to allow the lens to rest on a portion of 

the proximal surface which is not used for imaging.  Because 3D printing is not capable 

of creating microscopically small corners, extruded cuts were added to the cavity 

encasing the corners of the gold prism.   A “porthole” protective feature was created to 

protect the GRIN lens from mechanical displacement, as our alignment is very sensitive 

to movement of the GRIN.  A slot was added to the proximal end of the probe as an 

entry point for the PLFA, with four 2.26 mm holes that allow threading for 4-40 set 

screws to hold the PLFA in place.  The probe, printed using the same printer and 

material as the linear ferrule, has a diameter of 8 mm (9.6 mm for the portion 

encompassing the porthole).  This is smaller than many modern gastroscopes (up to 12.9 

mm), RFA paddles (~10 mm), and comparable devices for esophageal OCT (11 mm, 

[107]).  Once assembled with the miniature optics inserted, a two-part epoxy was used to 

bind the two halves together permanently.  To protect the coated surface of the GRIN 

lens, a small glass coverslip (Thomas Scientific, No. 1 thickness, 3 mm diameter) was 
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bonded to the front of the GRIN using an optical adhesive (Norland, NOA81) and gently 

cured using a UV pen.  The PLFA was inserted into the probe body, aligned using the 

collimated beam as a metric, and held in place using set screws. 

 

7.2.3 Optical Engine 

 

Figure 7.3: Schematic diagram of the optical engine of the device.  A 
superluminescent diode (λ = 830 nm, ∆λ = 19 nm FWHM) is polarization-controlled 
and coupled into the PM fiber of the probe.  Light relayed from the probe is imaged 
onto the slit of a custom imaging spectrometer, where it is combined with a 
collimated and pathlength-matched reference field.  A USB3 camera (Grasshopper3, 
FLIR) is used to detect the photons.  Optical shutters (DACO Instruments) are 
controlled electronically to capture background acquisitions. 

While much of the work in this chapter relates to design of the probe, a next-generation 

optical engine was built to facilitate the collection of angle-resolved depth scans.  An 
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SLD (𝜆𝜆0 = 830 nm, power = 20 mW) was fiber-coupled to a 99:1 fiber splitter (AC 

Photonics, Inc) into sample and reference paths, with the majority of the power devoted 

to the sample arm of the interferometer.  To control the polarization prior to coupling 

into the PM fiber of the PLFA, a three-paddle manual polarization controller (Thorlabs) 

was placed in the sample arm.  Light collected from the sample is imaged from the 

proximal end of the PLFA onto a 50 µm slit (National Aperture) which defines the 

entrance plane of an imaging spectrometer.  From the reference arm, the 1% beam is 

collimated and combined with the sample light using a 90:10 beamplitter (R/T).  The 

reference arm was matched in optical pathlength using a reference fiber of 

approximately 5 meters in length.   

A custom imaging spectrometer was designed and built specifically for this system.  

Rather than use traditional optomechanics, the spectrometer was designed in Zemax 

and fabricated using a custom, 3D-printed housing, designed in SolidWorks and printed 

on a Dremel 3D printer.  After the slit, an achromat (𝑓𝑓1 = 75 mm) was used to collimate 

light from the slit onto a diffraction grating (LightSmyth Technologies, 1500 lines/mm).  

After the wavelengths are dispersed by the grating, a three-element lens consisting of 

two 2” achromats, 𝑓𝑓 = 250 mm, and a plano-convex lens, 𝑓𝑓 = 300 mm, was used to focus 

each wavelength to a point at the detector.  The achromatic lenses were used with 

opposite sides facing the image plane to mitigate odd-order Seidel aberrations such as 
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coma, transverse color, and distortion.  The plano-convex lens was chosen to reduce 

spherical aberration.  A USB3 camera (Grasshopper3, FLIR, 2.3 MP, 5.86 µm pixels) was 

used as the detector, with the manufacturer coverglass removed to avoid common mode 

interference.  The imaging spectrometer displays very high performance, with a pixel-

limited spectral resolution 𝛿𝛿𝑠𝑠𝜆𝜆 of 33 pm, and a FWHM spectral resolution  𝛿𝛿𝑟𝑟𝜆𝜆 of 49 pm, 

measured using a calibration lamp.  Figure 7.4 outlines the optomechanical design of the 

device.  Spot diagrams computed using Zemax OpticStudio demonstrate performance 

near the diffraction limit across the spectrum.  Using a calibration lamp, we determined 

that the spectrometer has a spectral range of approximately 65 nanometers, ranging 

from 793.4 nm to 858.3 nm in the near-infrared.  We observed a modest reduction in 

imaging performance near the edges of the non-spectral dimension, though our device 

only requires the use of the middle ~1/3 of the detector rows, where the performance is 

quite close (within ~30%) to the spot size observed along the central row. 
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Figure 7.4: Optomechanical design of the imaging spectrometer, with spot 
diagrams shown for the central wavelength (830 nm) and two extreme wavelengths 

(810 nm, 850 nm) of the SLD source.  Root-mean-square (RMS) and geometric (GEO) 
spot sizes are displayed, along with the Airy radius which defines diffraction-limited 

performance.  The lenses and grating are housed in a 3D-printed solid body, which 
reduces the cost of the system and makes it lightweight and portable. 
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7.2.4 Data acquisition and Analysis 

 

Figure 7.5:  (Left) Four acquisitions are needed to performed adequate 
background subtraction in an a/LCI scan.  These include the interferogram, sample, 
reference, and dark, denoted |𝑬𝑬𝑹𝑹 + 𝑬𝑬𝑺𝑺|𝟐𝟐, |𝑬𝑬𝑺𝑺|𝟐𝟐, |𝑬𝑬𝑹𝑹|𝟐𝟐, and |𝑬𝑬𝑫𝑫|𝟐𝟐, respectively.  (Right) 
Once subtracted, dispersion compensation is added, and a line-by-line FFT is 
performed.  Detector pixels which house A-line information are selected for further 
analysis, and depth correction is performed to eliminate the effects of slight offsets in 
pathlength.  Once fully processed, the interference peaks from the coverslip become 
readily visible. 

To control the system, a custom user interface and image acquisition scheme was 

developed using LabVIEW.  As described in Chapter 2, a/LCI acquisitions require 4 

images to adequately subtract the non-interferometric background.  Two solenoid-based 

inductive optical shutters (DACO Instruments) were selected for use, placed into the 

sample and reference arms of the device, and controlled using a LabVIEW DAQ 
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multifunction I/O card (USB-6210, National Instruments).  Because the DAQ card is not 

capable of supplying the ~100 mA of current required by the shutter’s solenoid, the 

digital TTL signal of the I/O card was used to control an NPN transistor configured as a 

current switch, which itself controlled current from a laboratory DC power supply 

capable of supplying the appropriate amperage.  With appropriate power, the shutters 

can complete a switch in approximately 25 ms, though it is recommended to wait 

another 25 ms before reengaging for the devices to settle.   

The software was configured to acquire the four acquisitions (total, sample, reference 

and dark) with adequate switching time for the shutters.  An integration time of 35 ms 

was chosen for each image, while 100 ms of delay was included between exposure to 

allow for the switching period for the shutters.  In order, dark, sample, and reference 

images were acquired, followed by a burst of total, or interferogram images which could 

be averaged to improve SNR.  Less than one second is required to capture ten a/LCI 

scans with the three associated background images (13 images total) and less than 2.5 

seconds is required for 50 a/LCI scans with associated background images (53 images 

total).  Processed a/LCI scans with rudimentary background subtraction (subtracting a 

pre-recorded image of the reference spectrum only) are displayed in real time. 

a/LCI processing has been described extensively in Chapter 2, and is also highlighted 

at length in the literature [53].  Each interferogram |𝐸𝐸𝑅𝑅 + 𝐸𝐸𝑆𝑆|2 is background subtracted 
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according to the formula |𝐸𝐸𝑅𝑅 + 𝐸𝐸𝑆𝑆|2 −  |𝐸𝐸𝑆𝑆|2 −  |𝐸𝐸𝑅𝑅|2 + |𝐸𝐸𝐷𝐷|2, where the four terms 

represent the interferogram, sample acquisition, reference acquisition, and dark acquisition, 

respectively.  Once the interference term is isolated, it is resampled along the spectral 

dimension to be linear in wavenumber.  Dispersion is compensated using previously 

described digital methods [108], and a one-dimensional Fourier transformation is 

performed along the spectral domain to recover the depth-encoded information.  In the 

case of the PLFA, scattered light is discretized among the single-mode fiber cores, then 

dispersed along a single dimension spectrally.  Pixel rows containing scattering 

information are selected (and binned if 2-3 rows contain information from a single fiber 

core), and the slight variability in optical pathlength from each core is adjusted 

manually.  The completed a/LCI scan, then, represents a two-dimensional map of 

intensity as a function of scattering angle and depth within the sample.  The a/LCI 

processing scheme is shown graphically in Figure 7.5.   

Device validation was first performed using scattering from polystyrene microsphere 

phantoms.  Phantoms embedded with 6, 7, 8, and 10 µm microspheres were prepared 

according to the process described in section 4.3 of this document.  Six scans of each 

phantom were acquired by placing the phantom in direct contact with the probe tip.  

Phantoms were removed and re-positioned after each scan to avoid degenerate 

measurements.   
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Within each a/LCI scan, the scattering signal was binned over the depth dimension, 

with a central point of 285 µm past the coverslip surface (the focal plane of the probe) 

and a width of 460 µm, spanning the lateral range of useable information, as defined by 

the incident beam diameter.  Once an angular spectrum was acquired, it was processed 

according to protocols outlined in section 2.4.2 of this document, producing a prediction 

of the microsphere size within the PDMS.  The library used in this case was designed 

specifically for polystyrene microsphere phantoms in PDMS, and assumed a sphere 

refractive index of 1.58 and a medium refractive index of 1.41, all at our central 

wavelength of λ = 830 nm.  The range of possible sizes was 5-18 µm in increments of 0.1 

µm.   

Lastly, a small computational experiment was performed to ensure that the discrete 

sampling of our probe will be appropriate for typical clinical data.  We performed an 

analysis of the typical number of oscillations within the a/LCI angular scattering 

window for various types of scatterers, including microsphere phantoms and cell nuclei.  

Since Mie scattering functions are smooth, the number of local maxima in the scattering 

function served as a proxy for the oscillation count.  This number of oscillations was 

computed for both polystyrene microsphere phantoms, ranging in diameter from 5 to 14 

µm, and for populations of simulated healthy and dysplastic cell nuclei, with parameters 

such as the nuclear RI, cytoplasmic RI, and diameter for both populations taken from an 
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earlier clinical work [12].  If the new probe is capable of accurately sizing polystyrene 

microspheres with the same or greater number of Mie oscillations than we would expect 

from cell nuclei, we can assume that the discrete sampling of our device will not 

materially impact performance in a clinical environment.  Mie scattering functions for 

the microsphere phantoms and simulated nuclei were computed using MiePlot [102], 

and the expected number of oscillations was compared between the two scatterer types 

to predict the clinical utility of the device.   

7.3 Results 

7.3.1 Fiber Placement and Pathlength Precision 

To ensure both proper orientation of the PM fibers, and that SM fiber placement 

was sufficiently arranged such that it could be modeled with a constant core-to-core 

spacing, images of the distal face of the PLFA were acquired on a benchtop microscope 

and analyzed using ImageJ and MATLAB.  Both PM fibers were found to align with the 

fiber axis to within an accuracy of 2°, more than acceptable for good performance.  The 

total span of active fiber elements (PM core to opposite PM core) was within 1% of the 

expected value (2.456 mm compared with 2.48 mm) calculated from the known 

dimensions of the fiber cladding.  The fiber spacing was highly linear, with a maximum 

placement error in the lateral dimension of only 16 µm, and highly regular, such that as 

assumption of constant spacing between elements would result in each fiber mapping its 
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angle properly to within <0.25° at worst, and <0.1° on average.  This is more than 

adequate for sampling Mie scattering functions, which exhibit a characteristic scale of 

several degrees. 

Figure 7.5 displays a representative a/LCI scan prior to correction of the variability in 

optical pathlength.  From this image, fiber-to-fiber OPL variability is easily computed.  

The range of optical pathlengths amongst the 30 fibers was 228 µm.  This is well within 

the imaging depth of 5.2 mm, calculated using the central wavelength and sampling of 

the spectrometer, 

𝜆𝜆02

4𝛿𝛿𝑠𝑠𝜆𝜆
     (7.1) 

and also well within the 6 dB rolloff point of 3.1 mm, 

ln (2)
𝜋𝜋

𝜆𝜆02

𝛿𝛿𝑟𝑟𝜆𝜆
                        (7.2) 

Where the central wavelength 𝜆𝜆0 is 0.83 µm, the pixel-limited spectral resolution 𝛿𝛿𝑠𝑠𝜆𝜆 is 

33 pm, and the diffraction-limited spectral resolution 𝛿𝛿𝑟𝑟𝜆𝜆 is 49 pm.  During assembly, 

fibers were selected using a range of ±50 µm, suggesting that the assembly process added 

an uncertainty of approximately ±65 µm, calculated by subtracting the ±50 µm fiber 

tolerance from the measured range of 228 µm as displayed in Figure 7.5.  This additional 

pathlength uncertainty is most likely caused by slight movement of the fibers during 

insertion and adhesive application.    
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7.3.2 Microsphere sizing and scattering analysis 

 

Figure 7.6:  Representative a/LCI scans for 6.0 and 10.0 µm microspheres 
embedded in PDMS.  Note the higher frequency information present in the vertical 
dimension of the a/LCI scans.  Once binned over depth, the angular scattering can be 
compared with a library of profiles derived from Mie theory.  The 6 µm sample is 
correctly identified as 6.0 µm, and the 10 µm sample is accurately identified as 9.9 µm. 

 

Figure 7.7 displays the performance of the system as measured using scattering from 

polystyrene microspheres.  Samples containing 6, 7, 8, and 10 µm microspheres were each 

scanned six times, and measured with a/LCI to be 6.03 ± 0.11 µm, 6.98 ± 0.07 µm, 7.98 ± 
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0.12 µm, and 10.15 ± 0.05 µm.  A coefficient of determination of 0.994 was calculated, in 

comparison to the line of perfect agreement (slope = 1).  The mean error across all 

measurements was ~0.1 µm, and all errors were less than a single wavelength.  The range 

of scattering angles detectable by the probe was found to be [2°, 28.6°] with an angular 

resolution of ∆θ~0.95°.  A single fiber near 1° broke during the assembly process and 

became unusable, leaving 29 functional collection fibers spanning the [2°, 28.6°] collection 

range in increments of 0.95°.  Though our system was hand-assembled using 3D-printed 

components, our 𝑅𝑅2 of 0.994 was nearly identical in performance to a commercial a/LCI 

system [23], which required substantially more complex components and sub-systems in 

comparison to this device. 

Figure 7.7 also characterizes the number of Mie oscillations from simulated 

polystyrene microspheres as well as simulated cell nuclei populations, as described in 

Section 7.2.4.  As shown in this figure, a typical healthy nucleus with a diameter less 

than 10.5 µm will exhibit between one and six Mie oscillations, with approximately three 

oscillations being the modal outcome.  A typical dysplastic nucleus will, in contrast, 

exhibit between three and eight Mie oscillations over the 30° closest to backscattering, 

with five oscillations being the most common result.  In this case, we are interested in 

the capability of our device to accurately map the highest oscillation frequency that 

might be observed clinically, since low-frequency oscillations are easily captured by the 
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system’s ~1° resolution.  Even a large dysplastic nucleus will only exhibit (at most) eight 

oscillations (Fig. 7.7), which is the same number as a 9-10 µm polystyrene microsphere in 

PDMS.  This study was successful in accurately sizing microspheres in this size range, 

suggesting that this new probe will be able to adequately characterize nuclear Mie 

oscillations in a clinical setting.   

 

 

Figure 7.7:  (Left) Calibration curve showing the performance of the device 
among a variety of microsphere phantoms.  6, 7, 8 and 10 µm microspheres were 
accurately identified as 6.03 ± 0.11 µm, 6.98 ± 0.07 µm, 7.98 ± 0.12 µm, and 10.15 ± 0.05 
µm.  The average absolute error across all measurements was ~0.1 µm, and all 
measurements correctly characterize microspheres to within sub-wavelength accuracy.  
(Right) Results from the Mie oscillation analysis, demonstrating that even in the most 
extreme cases, a dysplastic nucleus will exhibit at most eight oscillations over the 
angular range of our device.  This is an identical number of oscillations expected for a 
9-10 µm polystyrene microsphere.  Since our device accurately characterizes the size of 
polystyrene microsphere scatterers up to 10 µm, this device will be more than 
adequate for capturing high-frequency Mie oscillations from highly dysplastic nuclei 
in vivo. 
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7.4 Discussion 

While the positions of the fibers certainly govern the angular resolution of the 

system, the degree of collimation of the illumination beam on the sample is also an 

important factor on this parameter.  This is because any angular scattering pattern will 

be necessarily convolved with the collimation profile of the illumination beam.  This 

error is ultimately determined by aberrations within the optical elements, and was 

calculated in Zemax to be ±0.43°.  This means that any angular scattering detected by our 

system is blurred by approximately 1°, a perfectly acceptable number since our fiber-

based resolution is around this value.   

     Ultimately, our device is designed to detect dysplasia, which typically begins in the 

basal layer of the epithelium approximately 250 µm below the tissue surface.  The focal 

plane of our probe was optimized for this region, with an exact focal plane ~285 µm past 

the surface of the coverslip.  The focal plane also is relatively flat, with a lateral focal shift 

of approximately ±25 µm caused primarily by aberrations within the gradient-index lens.  

This is acceptable when considering that most a/LCI scans are binned over at least 50 µm 

[12].  The axial resolution of our system is defined by the coherence length of the 

superluminescent diode, (16 µm, see Equation 2.3), suggesting that any a/LCI scans 

should be binned over three units of resolution to avoid the effects of field curvature.    
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 A major benefit of our system is the throughput and improved SNR attributable 

to the single-mode fibers, with <99.93%/meter power transmission versus 10-20%/meter 

for leached imaging bundles with all signal confined to a single mode.  There are many 

factors to consider with regard to throughput, including numerical aperture of the fiber, 

mode field diameter, bending loss, etc, but we observed Mie fringes from polystyrene 

microsphere phantoms down to 700-1000 µm in optical depth (Figure 7.6) using our 

device, compared with 500-700 µm in a previous system [55].  It is probable that the 

improved optical performance of our fiber elements is the source of this increased imaging 

depth. 

 The angular resolution of our finished system was calculated by observing 

scattering from a known Mie object to be ∆θ = 0.95°.  Results from a previous work and 

Chapter 6 suggest that the maximum allowable value for this parameter should be ∆θ < 

3.6° [109].  This suggests that future probes could include fewer fiber elements to simplify 

the prototyping process.  It is also possible to improve the angular range by re-designing 

the distal optics, with the tradeoff of a slightly larger ∆θ.  Commercial versions of this 

device may require custom optics for optimal performance and form factor.   

 Since this probe is ultimately intended for endoscopic deployment, mechanical 

robustness is an important factor to consider.  We found the front coverslip to be 

unmovable during maximum shear force imparted by hand.  The probe itself is also highly 
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stable under extreme manual force.  The main concern for failure of the device is breakage 

of the fibers just proximal to the PLFA, where they are only protected by an epoxy coating.   

Extra polyolefin jacketing in this region prevents excess bending, and no fiber breakage 

was observed from manipulation of the probe during experimentation.   

For experimentation, the probe body was fastened to the PLFA using four orthogonal 

set screws.  Clinical implementation of this device will require a medical-grade high 

strength epoxy to bond the two together, with the purpose of providing mechanical 

stability and preventing water contamination of the internal optics.   

Aside from the obvious improvements in throughput and SNR, this device is 

significantly cheaper from a component-cost perspective.  Single-mode fiber costs 

~$4/meter, suggesting a 30-fiber probe will cost ~$120/meter, or ~$150/meter including the 

PM fibers.  The cost of the miniature optics is $280, imparting a cost of ~$640 for the optical 

components of the probe.  3D printed parts, epoxy, and polyolefin jacketing, the only other 

components of the device, command negligible costs.  This is a significant improvement 

over previous probes, which approached $3,000 in component costs alone, including the 

custom fiber bundle with PM fiber inserted, distal optics, and precision-machined parts.   

This new device requires several hours of time invested to pathlength-match (8-10 hours) 

and assemble the fibers (5-10 hours), however, this could be automated in future work to 

make the process more economical. 
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7.5 Summary 

In this work, a next-generation a/LCI device for detecting epithelial dysplasia 

was designed and validated using technical phantoms.  The new device exhibits 

significant improvements over older systems, including advancements in throughput, 

SNR, and cost.  It is also more clinically useful than older systems, with side-viewing 

functionality for use in the esophagus.  In the next Chapter, integration of this 

technology into an endoscopic imaging paddle is discussed, in concert with endoscopic 

rotational OCT for comprehensive, dual-modality mapping of the esophageal 

epithelium. 
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8. Design and validation of a combined a/LCI and 
endoscopic OCT device for comprehensive screening 
for esophageal dysplasia 
8.1 Introduction 

In the previous chapter, a novel a/LCI device was constructed using an array of 

pathlength-matched single-mode fibers and a 3D-printed probe housing containing 

micro-lenses.  In this chapter, the technology is adapted for improved clinical utility.  

Devices which assist during upper endoscopy (such as radiofrequency ablation paddles) 

must be thin to prevent damage to the esophagus and allow easy passage of the upper 

esophageal sphincter.  To reduce the form factor of the device, a new optical design is 

utilized to remove ~3 mm of space in the critical (radial from the endoscope) dimension.  

Since a/LCI only requires a broad aperture along a single dimension, lens truncation 

(cutting of a chord from the circular aperture) was performed on the larger optical 

elements to further remove 2 mm of material, for a total of more than 5 mm removed.  

These efforts served to reduce the overall dimension of the probe by approximately half. 

As discussed in Chapter 2, endoscopic OCT is a useful tool for mapping the 

esophagus and identifying metaplastic BE, but is a poor indicator of dysplasia.  a/LCI, 

by contrast, is excellent for identifying dysplasia, although it is not an imaging modality.  

In this chapter, the miniature, side-viewing a/LCI probe is combined with a rotational 

endoscopic OCT device, a version of which is currently in clinical trial for imaging the 
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esophageal epithelium during routine upper endoscopy.  The endoscopic OCT device is 

discussed, along with results of a pilot clinical study of 30 patients to demonstrate its 

effectiveness.  A paddle, similar in form factor to a radiofrequency ablation paddle, is 

designed to hold all of the optical elements for both systems.  The paddle is printed 

using a biocompatible resin (FormLabs) which exhibits a high degree of mechanical 

strength, while maintaining water-resistance and inertness to the tissues it contacts.  The 

paddle is verified for a/LCI functionality, and hardware for both the a/LCI and OCT 

components of the dual-modality probe are housed within a mobile cart for ease of 

clinical use.  Finally, software for controlling both the a/LCI and OCT portions of the 

device (including cameras, the rotational motor, shutters, and a frame grabber) was 

written using LabVIEW to provide a user-friendly interface for the clinician during 

endoscopy.   

8.2 Methods 

8.2.1 Miniaturization of the relay optics 

8.2.1.1 Optical Design 

The first step taken to reduce the form factor of the device was to re-tool the 

optical design.  The first-generation probe housing was 8.0 mm in diameter, and 9.6 mm 

near the porthole tip.  While this would be acceptable as a standalone device, it is too 

large to pass alongside an endoscope through the upper esophageal sphincter.  To 



 

 

122 

reduce the size, the optical train was re-designed using Zemax to include smaller 

components.  The 4f lens system was replaced with an achromat (5 mm diameter, f = 15 

mm, VIS-NIR coated, Edmund Optics) and an aspheric lens (N414-B, f = 3.3 mm, anti-

reflection coated for λ = 650 – 1050 nm, ThorLabs) to refine the demagnification of the 

system and reduce the diameter of the element.  This allows for a smaller GRIN lens (1.0 

mm diameter, 0 mm working distance, anti-reflection coated for λ = 810 nm, Edmund 

Optics).  The smaller GRIN lens is vital because it is substantially shorter than the 1.8 

mm lens used previously – approximately 2.38 mm in length versus 4.31 mm, almost a 2 

mm reduction in size from this optic alone.  This effectively removes the porthole 

feature, and represents a significant reduction in the outer diameter of the probe. 

A 3D-printed body was designed to house the optical elements and printed on a 

Form2 SLA 3D printer, using a biocompatible resin (Dental SG, FormLabs).  This was 

done primarily to provide a standalone platform for testing of the smaller a/LCI optics 

prior to incorporation into an endoscope paddle.  The probe (during and after assembly) 

is displayed in Figure 8.1.  
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Figure 8.1: Second-generation, miniature side-viewing a/LCI probe.  The new 
probe is substantially smaller (6.5 mm vs. 9.6 mm in outer diameter) compared with 
the first-generation probe, improving clinical utility.  A smaller GRIN lens (1.0 mm 
diameter, ~2.5 mm length) helps to eliminate the “porthole” feature.  The total 
reduction in size from this new design is 32%.  A side-by-side comparison of both the 
first- and second-generation probes is shown in the bottom right panel. 

 

8.2.1.2 Lens Truncation 

Even after reduction of the probe diameter by 32%, a greater reduction in the size 

of the probe is ultimately necessary.  To take the next step, we take advantage of the 
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particular optical geometry of a/LCI, which samples light across a single plane of angle-

resolved light scattering.  Because only a single dimension is sampled, the full aperture 

of the relay lenses is only needed in a single dimension.  In the orthogonal dimension, 

then, the lenses can be “truncated” - a technical term for cutting a chord into the circular 

aperture of the lens to reduce the form factor and aperture.  Figure 8.2 details our 

process for truncating lenses.  A custom fixture, termed a sled, was designed in 

SolidWorks to hand-grind the unneeded portion of the lenses.  The sled was 3D-printed 

in two halves, with cavities designed using the lenses’ CAD files to perfectly grip the 

optical elements.  Steel shims (0.5 mm thickness) were used to protect the sled during 

grinding, with exactly 1 mm of glass material exposed to the grinding surface.  A 

diamond-grit sandpaper (McMaster-Carr) was used to gently remove lens material until 

a flat, smooth surface remained. 

Once a millimeter of glass was truncated from both lenses, a second sled was 

used to remove a second millimeter from the opposite side of the lens.  This sled was 

designed to grip the newly truncated lens, with an identical grinding procedure.  The 

result is that both lenses are reduced in the critical dimension by two millimeters, a 

substantial amount for a probe with a total outer dimension of 6.5 mm.  Images of the 

twice-truncated lenses are displayed in Figure 8.3. 
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Figure 8.2: A custom sled is designed to truncate micro-lenses.  Lenses are held 
such that 1 mm is exposed distal to a 0.5 mm shim.  Grinding on a diamond sandpaper 
was performed until 1 mm of material was removed from each lens.  The sled was 
designed using the lens CAD files for high-precision grinding. 



 

 

126 

 

Figure 8.3: Result of the two-part truncation process.  2 mm are accurately 
truncated from either side of each lens.  The error in the amount of material removed 

was typically within ±0.1 mm. 

8.2.1.2 Validation using Phantoms 

The miniature probe (prior to truncation of the lenses) was validated by 

measuring scattering from polystyrene microsphere phantoms of 6, 7, 8, and 10 µm, as 

outlined in Section 7.2.4.  Six measurements were taken of each phantom placed in 

contact with the probe, with the phantoms slightly wetted to lessen the reflection from 

the probe-sample interface and to simulate the tissue environment.  ILSA was 

performed on each measurement to gauge the performance of the new optical design. 



 

 

127 

8.2.2 Paddle-based rotational OCT 

8.2.2.1 Device 

The ultimate goal of the a/LCI probe miniaturization effort is to enable the 

incorporation of a rotational, endoscopic OCT device within the endoscopic attachment.  

In parallel with the construction of the a/LCI probe, an endoscopic OCT device was 

constructed based on a rotary probe design, which uses a fiber-optic rotatory junction 

(FORJ) to allow the optical elements within the probe to spin freely, enabling the 

creation of side-viewing B-scans. The device consisted of a single-mode optical fiber 

within a wound steel torque coil, such that the fiber and associated micro-optics would 

rotate, controlled by a rotational stepper motor attached to the FORJ.  A high-lubricity 

ETFE polymer sheath was used to house the rotating components and prevent water 

from leaking into the system.  At the tip of the fiber, a GRIN lens, spacer, and 1 mm 

prism were used to image a spot onto the tissue, at a right angle.  The rotating optics 

were housed within a paddle, similar in form factor to a radiofrequency ablation paddle, 

but with an anti-reflection coated window to allow for imaging of the tissue.  A 3D 

printed (Carbon M2, SIL 30 resin) silicone cuff was used to attach the paddle to the side 

of the endoscope.  

Figure 8.4 shows a diagram and photograph of the endoscopic OCT device.  

While most patients were scanned with this paddle, a second paddle (not pictured) was 

also created, which matched the form factor of the paddle designed for dual-modality 
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a/LCI and OCT imaging discussed in Section 8.2.3.  This trial was conducted to ensure 

that the form factor of the dual-modality probe would be well-tolerated clinically. 

 

Figure 8.4: Endoscopic, rotational OCT probe used for esophageal imaging.  A 
single-mode fiber is held within a wound steel torque coil and ETFE polymer sheath.  
A GRIN lens, spacer and prism rotate with the torque coil to scan the OCT beam 
across the tissue.  An AR-coated sapphire window is used to protect the internal 
optics from biological fluids.  The entire device is held within a biocompatible 
housing, which is 3D-printed using FormLabs Dental SG resin.  A silicone cuff, used 
to attach the paddle to a standard endoscope, is also 3D-printed (Carbon M2, SIL 30 
resin) and attached to the paddle using a biocompatible adhesive.  
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8.2.2.2 Clinical Study 

A clinical pilot study was performed to assess the clinical usability of the 

rotational OCT device.  30 patients under voluntary consent were recruited at the 

University of North Carolina Center for Esophageal Diseases and Swallowing (UNC-

CEDAS), who were undergoing routine endoscopic surveillance of the esophagus to 

screen for BE and dysplasia.  After the standard endoscopy procedure was completed, 

the endoscope was removed from the patient, and the OCT device was attached to the 

outer portion of the endoscope via the silicone cuff.  The endoscope with the device 

attached was then re-passaged past the upper esophageal sphincter, where it was placed 

in contact with the epithelium of the esophagus.  From each scan location, 15 

consecutive B-scans were acquired and saved to the computer’s hard drive for future 

analysis. 

Targets for the study include the image quality of the device, the successful 

passage rate, and potentially, the ability to observe dysplasia by measuring properties of 

the layered epithelium or the presence of glands.  Representative images from the study 

are shown in Section 8.3.2. 
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8.2.3 Dual-modality paddle probe for combined a/LCI and OCT 

8.2.3.1 Paddle Design and Fabrication 

A paddle was designed to house the miniature a/LCI probe with truncated lenses 

along with the rotational OCT device.  The paddle was built primarily based on the 

design of the miniature a/LCI probe, with the same internal features used to house the 

micro-optics.  However, the design was modified to fit the truncated lenses, making it 

substantially thinner.  The finished probe (both in CAD and after printing with lenses) is 

displayed in Figure 8.5.   

The two imaging channels (a/LCI and OCT) were oriented side-by-side to ensure 

the thinnest possible device.  When constructing the probe, it is important that the a/LCI 

and OCT ports be as close as possible to each other, to ensure that one measurement is 

representative of the other.  From our clinical collaborators, we learned that dysplasia 

tends to mosaic within tissue on a length scale of ~5 mm at minimum [110], suggesting 

our imaging fields should be at least this close to each other.  In the completed device, 

the center of the a/LCI field of view was approximately 4 mm from the center of the OCT 

field of view, and less than 3 mm from the nearest imaging point, suggesting that tissue 

features scanned by one modality will match well with those scanned by the other.   

The thickness of the paddle is perhaps the most important parameter to consider.  

In this final probe, the thickness was 4.5 mm for most of the body, but extended to 5.3 

mm for a small portion near the imaging point.  This is comparable with several 
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commercial devices for focal radio frequency ablation [111], and is substantially smaller 

than the first-generation probe size of 9.6 mm, representing a size reduction of 45-53% 

through the length of the paddle. 

 

Figure 8.5: Dual-modality paddle housing both a/LCI and rotational OCT 
components.  The a/LCI portion houses the miniature, second-generation probe with 
truncated lenses.  (A,B) The entire assembly fits around the a/LCI optics, with 
sawtooth mating features for improved bonding.  (C,D) The internal features are 
designed o perfectly fit the micro-optics, with no epoxy required.  (E) Once both 
halves are assembled, a 3 mm circular glass coverslip was used to cover the a/LCI 
porthole, while the OCT window is covered using a rectangular sapphire window, 
coated for anti-reflection in the 1300 nm window.  (F) The GRIN lens is the smallest 
and most sensitive element to misalignment.  Tiny ledges are printed to seat the 
GRIN lens in the correct focal plane.  (G) The assembled probe is similar in form to a 
radiofrequency ablation paddle.  The critical dimension is only 4.5 mm in thickness, 
ramping up to 5.3 mm near the imaging tip. 

Finally, the imaging window specification should be noted.  While a/LCI 

operates well with a small, uncoated glass coverslip, the OCT window must be anti-

reflection (AR) coated to prevent common path interference on the detector.  A sapphire 
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window (Precision Micro-Optics Inc.) measuring 6.5 x 5.0 x 0.3 mm was designed with 

an AR coating permitting less than 0.25% reflectance at 1310 ± 20 nm.  An indentation for 

this window was printed on the paddle, so that it could be easily added and sealed with 

a biocompatible optical adhesive (Norland).  The design and assembly of the dual-

modality paddle is displayed in Figure 8.5. 

8.2.3.2 Validation using Phantoms 

Once assembled into a paddle, the probe was again validated using polystyrene 

microspheres.  This was primarily to ensure that the truncation of the lenses did not 

induce an adverse effect on the performance of the device.  Again, 6, 7, 8, and 10 µm 

microspheres were measured (N = 6 each) with manual repositioning after each scan to 

avoid degeneracies in the data.  ILSA was performed and the results were quantified to 

understand the effects of lens truncation on the performance of the device. 

8.3 Results 

8.3.1 Miniature Probe Validation 

Representative a/LCI scans from the miniature probe (prior to lens truncation) 

are shown in Figure 8.6.  The 7 and 8 µm microsphere phantoms scanned here were 

correctly identified by a/LCI analysis as containing 7.0 and 8.0 µm scatterers, 

respectively, suggesting that the miniature probe is highly effective for particle sizing.  

The angular range of the new probe was measured to be approximately 2°-38°, an 



 

 

133 

increase of 10° from the previous probe’s range of 2°-28°, or an improvement in angular 

range of 38.5%.  Naturally, an increased angular range results in a reciprocal decline in 

angular resolution for a probe with a fixed number of fibers.  The angular resolution was 

empirically determined to be ∆𝜃𝜃 = 1.27°, which is well within the acceptable limit for a 

clinical a/LCI device [25].   Qualitatively, the system appears to accurately identify 

scattering peaks, with 7 local maxima measured over the 2°-38° angular range, as 

expected from the 7.0 µm phantom and 8 local maxima measured as expected from the 

8.0 µm phantoms over the angular range.  We also observe excellent signal through a 

wide range of depths, with observable scattering signal over a full millimeter in depth 

for most scattering angles, and ~700 µm for high-angle scattering which typically 

produces weaker signal.  The angular scattering profiles presented in Figure 8.6 were 

binned over a depth of ~480 µm to precisely locate scattering peaks during probe 

characterization. 
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Figure 8.6: Representative scans using the miniature a/LCI probe without 
truncated lenses.  a/LCI scans were taken using two very similar scatterers - 7.0 and 8.0 
µm polystyrene microspheres in PDMS – to demonstrate sizing precision.  The paddle 
accurately characterized the 7 µm spheres as 7.0 µm and the 8 µm spheres as 8.0 µm.  
All Mie oscillations are clearly visible and match their expected locations.  The 
miniature probe exhibits an improved angular range over the previous device, (2°-38° 
vs 2°-28°, an addition of 10°). 

A calibration curve depicting the performance of the miniature probe is shown in 

Figure 8.7.  Microspheres of 6, 7, 8 and 10 µm diameter were scanned (N = 6 each) with 

manual repositioning of the probe between each measurement.  The scatterers were 

correctly sized at 6.12 ± 0.18 µm, 6.96 ± 0.05 µm, 7.96 ± 0.05 µm, 10.12 ± 0.12 µm, 

respectively, with a mean error of only 96 nm.  This is much more precise than what we 

would expect from even a diffraction-limited optical microscope, suggesting that our 
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new optical design is highly effective for characterizing the size of microscopic 

scattering objects in this size range. 

 

Figure 8.7: Calibration curve for the miniature probe.  6, 7, 8 and 10 µm 
microspheres were correctly sized at 6.12 ± 0.18 µm, 6.96 ± 0.05 µm, 7.96 ± 0.05 µm, 10.12 
± 0.12 µm.  The mean absolute error across all measurements was only 96 nm, smaller 

than the diffraction limit of an optical microscope. 

 

8.3.2 Clinical Results – Esophageal OCT pilot study 

In total, 53 patients were recruited to participate in the study.  Of these, 48 

patients were male and 5 were female, with the large fraction of male patients owing 

both to a preference for male volunteers due to their larger esophageal lumen [112], and 

a higher incidence of BE and BE-related conditions in adult males [113].  Of the 56 

attempted passages, 36 were successful, a rate of 67.9%.  From these 36 patients, images 

were successfully acquired from 30, with six lost due to poor signal quality.  The 30 
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patients had varied histories, including 6 with a history of non-dysplastic BE, 13 with a 

history of low-grade dysplasia, and 11 with a history of high-grade dysplasia.  Many of 

these patients were undergoing surveillance endoscopy for follow up of post-RFA 

treatment, and at the time of imaging, 7 had current BE, while 23 had no observable BE.  

For some patients, multiple locations were imaged.  From the 30 patients, 66 total 

locations were imaged, slightly more than two per patient.  Fifteen B-scans were 

acquired from each location, for a total of 990 B-scans in the study. 

 

Figure 8.8: Representative images acquired during the endoscopic OCT pilot 
study.  Layers of the esophageal epithelium are clearly visible over the ~90° radial 
window.  Images from both healthy and BE tissue are displayed, with BE images 

showing obvious glands (green arrows).  Scale bars are 1 mm in tissue (left) or 500 µm 
in tissue (right). 
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Representative B-scans from the esophageal OCT device are displayed in Figure 

8.8.  In the left panel, we see the full field of view for one complete rotation of the fiber 

probe.  As expected, the tissue is visible over the region of rotation (~90°) which houses 

the optical window and faces the tissue surface.  B-scans from normal (healthy) and BE 

tissues are shown side-by-side in the right panels.  In the healthy scan, smooth tissues 

layers are visible, with few obvious features inside the epithelium.  The BE tissue, in 

contrast, exhibits multiple low-scattering (dark) regions within the epithelium, possibly 

corresponding to glandular regions typical of BE.  Low scattering signal has been shown 

to be indicative of goblet cells [114] or other non-squamous tissues in OCT, which we 

would expect in BE tissue.  There is ongoing work to create a deep-learning based 

classifier for the images acquired in this study, which will use automated segmentation 

algorithms to identify the pathologic regions, and ultimately, provide guidance to the 

clinician. 
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8.3.3 Paddle Probe – a/LCI Validation 

 

Figure 8.9: Calibration curve for the paddle-based a/LCI probe with truncated 
lenses.  6, 7, 8 and 10 µm microspheres were correctly sized at 5.92 ± 0.15 µm, 6.96 ± 0.05 
µm, 7.96 ± 0.05 µm, 10.22 ± 0.17 µm.  The mean absolute error across all measurements 
was only 109 nm, indicating that truncation of the lenses did not appreciably alter the 
performance of the device. 

A calibration curve for the paddle-based a/LCI component of the device is shown 

in Figure 8.9.  The calibration procedure and analysis are identical to that shown in 

Figure 8.7, only with the newly designed paddle with truncated lenses.  The primary 

goal of this analysis is to ensure that the lens truncation process did not appreciably alter 

the performance of the device.  Fortunately, the device performs as expected.  The array 

of microsphere phantoms was very precisely sized, with the 6, 7, 8, and 10 µm spheres 

measured to be 5.92 ± 0.15 µm, 6.96 ± 0.05 µm, 7.96 ± 0.05 µm, and 10.22 ± 0.17 µm in 

diameter.  The mean absolute error across all 24 measurements (N = 6 for each of the 

four phantoms) was 109 nm, a highly accurate measurement which is almost 
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indistinguishable (p > 0.1 for each phantom, using independent Student’s t-tests 

assuming unequal variance) from the mean error of 96 nm computed using the probe 

with full lens apertures.  The coefficient of determination (𝑅𝑅2) was calculated relative to 

the line of perfect agreement, and found to be greater than 0.99, indicating a highly 

reliable performance.  As always, all measurements exhibited sub-wavelength (<0.83 

µm) error, and in most cases that measurement was within ±0.1 µm.  These results, 

combined with the large angular range of the probe and the excellent optical 

performance of the PLFA, suggest that this device will be highly effective in detecting 

precancer of the esophagus. 
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8.3.4 System Integration and Control – a/LCI and OCT  

8.3.4.1 Hardware – Clinical Cart 

 

Figure 8.10: (Left) Clinical cart housing the optical engine for both the 
rotational OCT and a/LCI portions of the device.  The cart is wheeled into the 

procedure room for use during routine upper endoscopy.  (Right) Internal view of the 
cart, with the computer and FORJ clearly visible.  a/LCI components will sit on a ½” 

slab of sorbothane to dampen vibrations. 

A mobile cart housing the optical engines of both the a/LCI and OCT sub-

systems is pictured in Figure 8.10.  The cart was constructed using stainless steel 

shelving, and includes ports for the a/LCI and OCT imaging probes and a power cable.  
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The cart houses a desktop computer, which controls the sub-systems using custom-built 

software developed in LabVIEW.  In particular, the DAQ I/O device (National 

Instruments) described in chapter 7.2.4 was used to send pulses at 50 kHz to the OCT 

system’s rotational motor, which was configured to perform 1/3600th of a rotation for 

each pulse.  This imparts a speed of around 14 rotations per minute to the OCT probe.  

The 50 kHz pulses also trigger A-line acquisitions from the OCT sensor’s frame grabber 

(National Instruments) which is programmed to collect large B-scans of 3600 A-lines, or 

a full rotation of the probe, and display them, processed, in real time.  A ring buffer of 15 

B-scans is continuously updated with the new images, and saved to the disk when 

instructed by the user.  The “SCAN TISSUE” directive in the software also triggers the 

a/LCI acquisition, which actuates the optical shutters using the DAQ and associated 

current switches.  To supply adequate current, the current switches control a 12V 

medical grade power supply, which supplies the shutters with ~100 mA when directed 

by the DAQ.  Three background scans are taken, followed by 50 interferograms, which 

are saved to disk.  Once a scan is initiated, the a/LCI and OCT capabilities write all data 

to disk, and reset for further acquisitions, in under five seconds. 

A physical ENABLE/DISABLE switch was added to the stepper motor circuitry 

to prevent rotation of the probe during pre-clinical testing.  Just prior to entering the 
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procedure room, the switch is set to ENABLE, allowing the probe to rotate once it passes 

the upper esophageal sphincter. 

 

Figure 8.11: a/LCI optomechanical hardware, closely packed for easy 
integration in the clinical cart.  The spectrometer, camera, and probe port are clearly 
visible.  REF refers to the adjustable reference arm, and PC is the polarization 
controllers.  The SLD and fiber splitters are housed on 3D-printed shelving 
underneath the PCs.  The optics are connected to the spectrometer using a moldable 
putty epoxy to reduce vibration.   
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Figure 8.12: User interface of the custom-built software for the combined a/LCI and OCT device.  Live views of the 
processed a/LCI scan and processed OCT B-scan are displayed, as well as the last saved, background-subtracted a/LCI scan and 
the current OCT background.  Controllable parameters include the a/LCI camera settings, dispersion in both a/LCI and OCT, 
background updating, file path, patient notes (saved as a “read me” text file), and a large button to acquire a series of images.
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8.3.4.2 Software – LabVIEW user interface 

The user interface controlling both a/LCI and OCT sub-systems is shown in 

Figure 8.12.  The user may input the file path, and has the option to write patient-related 

notes which will be saved as a text file along with any acquisition.  Live views of the 

processed OCT B-scans and a/LCI scans are shown, along with the latest processed 

a/LCI scan, which has been background-subtracted.  The live a/LCI scan is not 

background subtracted to prevent the need for repeated opening and closing of the 

optical shutters, which slows down the frame rate of the device substantially.  This 

modification significantly increases the speed of a/LCI image acquisition, which is real-

time to the user, while still permitting background-subtraction when the tissue scan is 

initiated.  Sliders controlling the dispersion for both the a/LCI and OCT modalities are 

included, although the software saves raw data, so the dispersion can be corrected in 

post-processing if necessary. 

8.4 Summary 

In this chapter, I have presented the design and clinical engineering of a dual-

modality optical imaging system for acquiring a/LCI diagnostic scans and OCT 

tomograms from esophageal tissue during routine upper endoscopy.  In particular, this 

chapter has highlighted the miniaturization of the a/LCI optical probe from Chapter 7, 

along with its incorporation with a rotational endoscopic OCT probe within a thin 
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paddle which attaches externally to the endoscope.  Validation of the a/LCI functionality 

was performed using microsphere phantoms, and clinical B-scans of healthy and BE 

esophageal epithelium from our pilot study of the OCT-only paddle were displayed and 

discussed.  Finally, the combination of the two optical engines was discussed, including 

the construction of a clinical cart to house all opto-mechanics and electronics, and 

custom software to control all sub-systems.  This device will be used for an extended 

clinical study to assess its capability for detecting dysplasia in the esophagus, and it is 

our hope that it provides useful diagnostic criteria to the clinician which will lead to 

improved screening protocols, and ultimately, better patient outcomes.   
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9. Conclusions 
This dissertation concerns the development of novel optical technologies to 

diagnose epithelial dysplasia, a venture which will ultimately lead to improved 

screening for pre-metastatic carcinogenic states, improve patient outcomes, and reduce 

mortality.  Optical technologies are well-suited to this application due primarily to their 

microscale sensitivity and millimeter scale penetration of tissue.  The wide availability of 

fiber-optic technology also makes optical tools attractive for clinical purposes. 

A deep understanding of fundamental mechanisms is crucial to the creation of 

innovative technologies.  In Chapter 3 of this dissertation, the question of the relative 

optical density of the cell nucleus was investigated in detail using quantitative phase 

microscopy.  Our ultimate conclusion was that new reports suggesting that the nuclear 

refractive index is lower than that of cytoplasm were correct, and that this phenomenon 

held firm across an array of diverse cell types.  a/LCI assumes that the cell nucleus is a 

dense scattering object, bringing the methodology (if not necessarily the results) of 

previous a/LCI studies into question.  To solve this problem, simulations were 

undertaken to prove that the diagnostic capacity of a/LCI is not dramatically reduced 

when an erroneous assumption of the nuclear refractive index is held, especially when 

the ratio of nuclear to cytoplasmic refractive index is near 1.  Optical theory plays a role 

in justifying this conclusion post-factum – Babinet’s principal, for example, holds that the 
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diffractive components of scattered light will be identical for two high- and low-density 

spheres of the same cross-sectional area.  Van de Hulst, in his famous treatise on light 

scattering, also noted that first-order reflected and refracted light will be identically 

distributed over scattering angles for spheres of index 𝑚𝑚 and 1 𝑚𝑚� , and that this first-

order scattering dominates for spheres of 𝑚𝑚~1 [115].  A new biophysical observation 

was confirmed, and the utility of a/LCI as a diagnostic modality was theoretically and 

computationally justified. 

The easiest way to develop new solutions is to address technological limitations.  

In Chapter 4, we addressed the inability of traditional a/LCI devices to scan large tissue 

areas, a particular concern for the cervix, where the tissue surface is comparably large 

and the location of dysplasia is clinically relevant [116].  The technology created in 

Chapter 4 was validated on the benchtop, but also implemented clinically in a contact-

based cervical probe, which was used in a large clinical trial at Jacobi Medical Center in 

The Bronx, New York.  As of this writing, the data obtained from these patients is being 

analyzed to assess the clinical capability of a handheld, scanning a/LCI probe. 

Chapter 5 introduces a major theme of this dissertation, which is to address 

limitations in a/LCI technologies imposed by the use of a coherent fiber bundle.  This 

chapter summarizes shortcomings of modern fiber bundle technology, including both 

commercially available and custom-made bundles, using interferometric techniques as 
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well as basic microscopy and imaging setups.  Our work in this subject concludes with 

the observation that fiber bundle technology as currently understood is not suitable for 

high-performance a/LCI devices, and that alternative solutions must be imagined to 

create the most optimal devices.  The work of creating a pathlength-matched linear fiber 

array, or PLFA, as an alternative to the fiber bundle is ultimately explored in Chapter 7, 

though its necessity is justified here. 

Prior to the construction of the PLFA, a theoretical justification of the more 

discrete single-mode fiber design must be demonstrated.  Chapter 6 outlines a 

computational study which analyzes a full a/LCI clinical dataset while modifying its 

angular sampling, angular range, and other characteristics.  Much of this chapter will be 

useful for guiding future a/LCI prototyping, but the most important conclusion for this 

dissertation is that the ∆𝜃𝜃 of ~1° possessed by the a/LCI probe designs in Chapters 7 and 

8 is well within the range necessary for high-performance diagnostics.  Justified by our 

critique of fiber bundle technology, and assured that the sampling tradeoff inherent to a 

single-mode design will not prevent the accurate determination of nuclear size in tissue, 

we proceed with construction of the PLFA and move fully towards a dual-modality 

a/LCI and OCT endoscopic probe. 

Chapter 7 describes, in detail, the construction and validation of the first 

prototype a/LCI device based on single-mode fibers.  The most critical and difficult 
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challenge from an engineering perspective is to reduce the size of this probe, and 

combine it with an endoscopic OCT device into a paddle-based probe.  Chapter 8 

outlines this process, including the miniaturization of the a/LCI device using lens 

truncation and a new optical design.   The endoscopic OCT device is also discussed, 

with an outline of the 30-patient clinical trial and preliminary OCT images from healthy 

and BE patients.  Chapter 8 culminates in the design and benchtop validation of a dual-

modality a/LCI and OCT endoscopic paddle probe, with emphasis on the mechanical 

design and fabrication of the probe.  Software and synchronous electronic triggering of 

the devices is also discussed.  This probe is ready to begin clinical trials in the Fall of 

2020, pending the end of the COVID-19 pandemic. 

Future a/LCI devices may replace the instrumentational complexity of the fiber 

bundle with computational complexity.  Rather than use a fiber bundle or pathlength-

matched array to transfer scattered fields, multimode optical fiber is capable of 

transmitting complex optical signals (including entire images) when the transfer 

function of the fiber is well-characterized [117-119].  Early work in reconstructing angle-

resolved backscattering through a multimode fiber is already underway [120, 121], 

which uses the fiber’s modes to encode the scattering function.  Preliminary results are 

very promising, and we have already demonstrated the ability to size MCF-10A cell 

nuclei, using only backscattered light from a cell pellet, scrambled from propagation 
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through a fiber.  More work is needed on this topic before a clinical solution can be 

envisioned.   

This dissertation discusses instrumentational advances in angle-resolved low-

coherence interferometry, an optical modality for assessing epithelial dysplasia.  Several 

instruments utilizing new technology have been designed, prototyped, and evaluated.  

Computational studies addressing device feasibility were discussed, and a related study 

in cellular biophysics was performed to address the underlying assumptions of these 

technologies.  Moving forward, some steps are required to help translate a/LCI into a 

successful commercial device.  A pilot study of BE patients using the paddle-based dual-

modality probe will be undertaken, with the primary goal of distinguishing healthy 

from dysplastic tissues with high accuracy.  Further miniaturization of the probe 

components, even past the significant reduction described in this dissertation, will 

ensure that the device is well-tolerated by a broad patient population.  Moving even 

further into the future, the dual-modality paddle may be equipped with embedded 

radiofrequency ablation technology, for a “see and treat” paradigm.  This innovation has 

the potential to dramatically improve screening for esophageal dysplasia by 

incorporating surveillance and treatment technology into a single device.    

To conclude, we have presented a variety of advances in angle-resolved low-

coherence interferometry for the purpose of screening for epithelial dysplasia.  As 
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endoscopic medical technology continues to advance, light scattering remains a 

powerful tool for assessing tissue health. 
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