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Abstract 

Optical coherence tomography (OCT) is a non-invasive optical imaging modality 

which can provide high-resolution, cross-sectional images of retina and cornea. It has 

become a standard of care in ophthalmology for the diagnosis and monitoring of ocular 

diseases. However, current OCT systems face several major challenges, among which 

include: (1) difficult alignment and fixation in pediatric retinal imaging (2) limited 

cellular-level contrast for ophthalmic disease diagnosis and (3) expensive hardware and 

intensive computation requirements for real-time high-speed 3D imaging.  

This dissertation describes the development of several novel optical design and 

signal processing approaches in OCT and optical coherence imaging technologies to 

address these limitations. We first describe a long working distance swept-source OCT 

system to facilitate retinal imaging in young children (chapter 2). The system 

incorporates two custom lenses and a novel compact 2f retinal scanning configuration to 

achieve a working distance of 350mm with a 16o OCT field of view. The system achieves 

high quality retinal imaging of children as young as 21 months old without sedation in 

the clinic. We then present a spectroscopic OCT technology that utilizes time-frequency 

analysis to obtain quantitative diagnostic information of cellular responses in the 

anterior chamber of the eye, which can indicate many ocular diseases such as hyphema 

and anterior uveitis. We demonstrate that this technology can differentiate and quantify 
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the composition of anterior chamber blood cells such as red blood cells and subtypes of 

WBCs, including granulocytes, lymphocytes and monocytes (chapter 3 and 4). Finally, 

we describe a coherence-based 3D imaging technique that uses a grating for fast beam 

steering, a swept-source laser with long coherence length, and time-frequency analysis 

for depth retrieval (chapter 5). We demonstrate that the system can achieve high-speed 

3D imaging with sub-millimeter axial resolution and tens of centimeters axial imaging 

ranging.   
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1. Introduction 

1.1 Overview of Research Aims 

This dissertation focuses on the development of novel optical design and signal 

processing approaches in optical coherence imaging. As detailed in the following 

section, OCT is a non-invasive optical imaging modality which can provide high-

resolution, cross-sectional images of retina and cornea. It has become a standard of care 

for ophthalmic imaging. However, current OCT systems face several challenges or 

limitations, among which include: (1) difficult alignment and fixation in pediatric retinal 

imaging (2) poor contrast for blood cell differentiation in the anterior chamber and (3) 

expensive hardware and intensive computation requirements for real-time high-speed 

3D imaging. To address these limitations, this dissertation is divided into the following 

three research aims: 

• Specific Aim 1: a SS-OCT system that incorporates two custom lenses and a 

novel 2f retinal scanning configuration to achieve a working distance of 

350mm. The system can facilitate retinal imaging of young children. This aim 

is addressed in Chapter 2. 

• Specific Aim 2: a spectroscopic OCT method to utilize time-frequency 

analysis to obtain quantitative diagnostic information of cellular responses in 

the ocular anterior chamber. The method can be used to differentiate and 
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quantify the composition of anterior chamber blood cells noninvasively. This 

aim is addressed in Chapter 3 and 4. 

• Specific Aim 3: a high-speed coherence-based 3D imaging technology that 

uses a grating for fast beam steering and time-frequency analysis for depth 

retrieval. The system can achieve >video rate(30Hz) 3D imaging with sub-

millimeter axial resolution and tens of centimeters axial imaging ranging. 

This aim is addressed in Chapter 5.   

 

1.2 Optical Coherence Tomography 

Optical coherence tomography (OCT) is an optical imaging modality that 

provides cross-sectional images of biological tissue and transparent objects with micron-

scale resolution and millimeter-scale penetration depth [1]. Since its invention in 1991, 

OCT has become has become a standard of care for ophthalmology imaging [2, 3], and is 

used to diagnose and monitor a variety of ocular diseases, such as glaucoma and 

macular degeneration [4-6] . OCT has been widely used in other biomedical 

applications, such as dentistry [7], dermatology [8], endoscopic imaging of the 

esophagus [9] and catheter based intravascular imaging [10]. Recently, OCT has also 

been used in many non-biomedical applications, such as integrated-circuit inspection 

[11], conservation of artwork [12] and large-scale depth ranging [13].  
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The principle of OCT is based on the low-coherence interferometry. The first-

generation OCT system is time-domain OCT (TD-OCT).  In a typical TD-OCT (Fig.1), 

light from a broadband low-coherence source is split into two channels by a 2*2 fiber-

optic coupler. Light exiting the sample arm fiber is incident upon the scanning optics, 

such as a galvanometer mirror, and an objective lens that focuses the light onto the 

sample. The backscattered light from the sample is collected by the same fiber and 

mixed with the reflecting light from the reference arm. The combined light interferes on 

the surface of a photodetector, and the raw interferometric signal is detected by 

scanning the reference arm delay. The raw interferometric signal is then processed into 

an A-scan, which represents the depth-resolved reflectivity profile of the sample at the 

focal spot of the beam. Scanning the sample arm beam position in one lateral dimension 

would result in two-dimensional cross-sectional images known as B-scans, and in two 

lateral dimensions would result in three-dimensional images known as volumes, or 

volumetric images.  
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Figure 1: Reproduced from [14]. Schematic of a generic fiber-optic TD-OCT 

system. Bold lines represent fiber-optic paths, red lines represent free space optical 

paths, and thin lines represent electronic signal paths.  

 

The lateral resolution of the OCT is similar to scanning confocal microscope, as 

the single mode fiber is essentially a pinhole aperture for both illumination and 

collection optics. Therefore, the theoretical lateral resolution of an OCT system can be 

calculated using the following equation:  

𝛿𝑥 = 0.37
𝜆0

𝑁𝐴
                                                                    (1) 

where 𝜆0 is the center wavelength of the light source, and NA is the numerical aperture 

of the sample arm objective. The axial resolution of the OCT is determined by the 

wavelength and the bandwidth of the light source,  

𝛿𝑧 =
2ln⁡(2)

𝜋

𝜆0
2

∆𝜆
                                                                    (2) 

where ∆𝜆 is the bandwidth of the source.  
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 TD-OCT relies on translating the reference arm pathlength mechanically to get 

the depth profile at each lateral position (A-scan). Thus, the A-scan rate of a typical TD-

OCT system is less than a few kilohertz, which means at least hundreds of milliseconds 

are needed to get a cross-sectional image (B-scan) of a sample, which severely limits its 

in vivo applications.  

To address this limitation, two Fourier-domain OCT (FD-OCT) technologies, 

spectral-domain OCT (SD-OCT) and swept-source OCT (SS-OCT), were invented [15-

18], and both technologies don’t require reference arm translation. In SD-OCT, a 

broadband light source is still used, and the spectral power density of the spectral 

interferogram, 𝐼𝐷(𝑘), is recorded by a spectrometer. The sample reflectivity profile or A-

scan can then be calculated from the Fourier transform of 𝐼𝐷(𝑘). In SS-OCT, instead of a 

broadband source, a rapid wavelength-sweeping laser is used. Since the frequency 

information of the spectral interferogram is separate in time, a high-speed photodetector 

can be used to resolve the spectral interferogram, and the same Fourier transform 

calculation can be used to calculate the A-scan. FD-OCT not only significantly improves 

the imaging speed, but also offers a 20-30 dB sensitivity advantage compared to TD-

OCT [19-21].  

1.3 OCT Imaging in Pediatric Ophthalmology  

An estimated 19 million children worldwide are visually impaired, and 1.4 

million are irreversibly blind[22]. To decrease the risk for blindness, it is critical to 
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diagnose these children early on and treat the evolving disease prior to permanent 

damage. Optical coherence tomography (OCT) has become a standard clinical diagnostic 

tool for management of ocular diseases in adults and older children [23, 24]. Clinical 

tabletop OCT systems have working distances of approximately 25 mm and require a 

chinrest to immobilize the patient. To acquire high-quality OCT images, these systems 

necessitate upright and cooperative patients who can fixate for seconds at a time with 

large instrumentation close to their face. Imaging of young children and toddlers, who 

are uncooperative and inherently afraid of objects close to their face, with conventional 

OCT is challenging and thus, diagnostic retinal screening of this population is currently 

limited. 

The most popular approach to facilitate OCT pediatric imaging is handheld OCT. 

Multiple handheld OCT (HHOCT) probes have been developed and used to image 

infants and young children in the supine position, either under sedation with general 

anesthesia [25-29] or without sedation [30-32].  Retinal imaging with HHOCT has 

significantly contributed to the understanding of the development of infant retina in vivo 

[33-39] and aided in uncovering microanatomic structural retinal changes in infants and 

children with retinopathy of prematurity [30, 34, 36, 40-45], albinism [29], nystagmus 

[46, 47] and shaken baby syndrome [26, 48]. Recently, several handheld OCT 

angiography probes have also been developed to allow non-invasive imaging of retinal 

microvasculature in infants [49, 50]. 
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1.4 Spectroscopic OCT  

Utilizing a broadband source, OCT can retrieve both structural and spectral 

information of the sample. Spectroscopic OCT, an extension of OCT, uses time-

frequency analysis to perform depth-resolved spectroscopy study [51, 52].    

Spectroscopic OCT has two contrast contributions:  absorption and scattering. For 

absorption, some strong absorbers in biological samples are blood/hemoglobin and 

melanin. For scattering, the backscattering spectral information in spectroscopic OCT is 

sensitive to scatterer structure, such as scatterer size, shape and geometrical distribution.  

Several studies have shown that using spectroscopic OCT, the size of microspheres can 

be retrieved with an accuracy better than the OCT resolution [52, 53].  Multiple 

spectroscopic OCT applications have previously been developed to study the absorption 

or scattering properties of tissue ex vivo or in vivo. For example, Robles et al., developed 

molecular imaging true-color spectroscopic optical coherence tomography to allow 

depth resolved quantification of  hemoglobin  oxygenation [54].  Yi et al., demonstrated 

in vivo retinal oximetry using visible-light spectroscopic OCT [55].  Zhao et al., 

demonstrated spectroscopic OCT can evaluate burn injuries in vivo [56].  

One of the major limitations of spectroscopic OCT is the inherent tradeoff 

between spectral and axial (temporal) resolution in the time-frequency analysis, where 

improvement in one necessitates degradation in the other. A broader bandwidth source 

can certainly mitigate the effect of this tradeoff. On the other hand, different time-
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frequency processing methods have also been developed to address this limitation. For 

instance,  Xu et al., demonstrated that the Wigner–Ville distribution (WVD) can improve 

the time-bandwidth product of the spectroscopic analysis, compared to the conventional 

short-time Fourier transform [57]; Robles et al., developed a dual window method that  

applies two orthogonal Gaussian windows to independently determine the spectral and 

temporal resolution, such that both high spectral and temporal resolution can be 

maintained [58]; Most recently, Zhou et al., developed a technique named   

spectroscopic optical coherence refraction tomography, which uses spectroscopic OCT 

images from multiple angles to reconstruct a spectroscopic image with isotropic spatial 

resolution limited by the OCT lateral resolution [59].
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1.5 Long-range 3D Imaging using OCT  

During the last two decades, OCT speed (A-scan rate) has increased by over 

three orders of magnitude from TD-OCT to SS-OCT [60]. Recently, new developments in 

high-speed swept-source lasers and high-end digitizer further improve the OCT A-scan 

rate to megahertz range [61], allowing live video rate (>30Hz) volumetric OCT imaging 

of biological tissue [62]. To process and display these huge amounts of data in real-time, 

GPU or field-programmable gate array (FPGA) accelerated computing are required. 

On the other hand, conventional FD-OCT systems usually have an imaging 

range or coherence length of several millimeters, limited by the number of spectrometer 

pixels in SD-OCT and instantaneous linewidth of swept-source in SS-OCT. Therefore, 

OCT applications are typically restricted to millimeter-scale tissue imaging. Recently, 

there is a growing interest in developing long imaging range OCT system for many 

high-speed 3D imaging applications, such as LiDAR, virtual reality, machine vision, 

precision measurement, and nondestructive evaluation of materials. SS-OCT for high-

resolution distance measurements over long ranges (>tens of centimeters) is also named 

optical frequency-modulated continuous-wave (FMCW) reflectometry, which has drawn 

great interests from LiDAR developers in the industry such as self-driving car.  These 

long-range SS-OCT or FMCW systems typically utilize vertical-cavity surface-emitting 

lasers (VCSEL) or distributed feedback laser (DFB), which have coherence lengths longer 

than meters. For example, Wang et al., demonstrated a 100kHz SS-OCT system with an 
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axial imaging range of >1.5m using a long coherence length, 1310 nm VCSEL [13] ; Song 

et al., developed a 100kHz SS-OCT system with an imaging range of ~10cm using an 

akinetic programmable swept laser [63]; DiLazaro et al., developed a FMCW system that 

has an imaging range of >6m and an axial resolution of 27.1μm using 12 combined 

distributed feedback laser (DFB) elements [64].  
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2. Long Working Distance OCT (LWD-OCT) to Facilitate 
Retinal Imaging in Children  

2.1 Abstract    

We demonstrate a prototype retinal swept-source OCT system with a long 

working distance (from the last optical element to the subject’s eye) to facilitate pediatric 

imaging. To reduce the number of optical elements and axial length compared to the 

traditional 4f telescope, we employ a compact 2f retinal scanning configuration and 

achieve a working distance of 350 mm with a 16° OCT field of view. We performed 

imaging of fovea and optic nerve head using the prototype system in participants with 

and without pathology from three age groups: adults, children 13 to 18 years old and 

children under 6 years old. Several important imaging parameters such as image quality 

and alignment time were evaluated. The system successfully imaged 88 of 94 eligible 

eyes, including 7 of 10 eyes of young children, and 86% OCT images from young 

children, were graded as high-quality scans.   This LWD-OCT system can potentially 

facilitate OCT imaging in young children.  

2.2 Background 

An estimated 19 million children worldwide are visually impaired, and 1.4 

million are irreversibly blind [22]. To decrease the risk for blindness, it is critical to 

diagnose these children early on and treat the evolving disease prior to permanent 

damage. OCT is a diagnostic imaging modality that provides high resolution cross-

sectional images of the human retina in vivo [65] and has become a standard clinical 
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diagnostic tool for management of vitreoretinal diseases in adults and older children [23, 

24]. Clinical tabletop OCT systems have working distances of approximately 25 mm and 

require a chinrest to immobilize the patient. To acquire high-quality OCT images, these 

systems necessitate upright and cooperative patients who can fixate for seconds at a 

time with large instrumentation close to their face. Imaging of young children and 

toddlers, who are uncooperative and inherently afraid of objects close to their face, with 

conventional OCT is challenging and thus, diagnostic retinal screening of this 

population is currently limited. The A-line rates of spectral-domain OCT clinical-grade 

systems are also limited to 20-68 kHz [66] and require several seconds for volumetric 

acquisition, which may be insufficient to image young children who cannot adequately 

fixate for seconds at a time.  

An alternative approach is to use handheld OCT (HHOCT) probes to image 

infants and young children in the supine position, either under sedation with general 

anesthesia[25-29] or without sedation[30-32].   However, similar to clinical OCT 

scanners, the HHOCT probe must also be placed approximately 25 mm away from the 

eye to achieve alignment and requires the child to be stable (and usually supine). While 

experts may be able to image young children and infants sitting on a parent’s lap or in 

the supine position while cradled in the parent’s arms [67], imaging of uncooperative 

young children and infants without sedation is generally difficult with current HHOCT 

systems.  
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The goal of this study is to design and demonstrate a prototype retinal swept-

source OCT system with a long working distance (from the last optical element to the 

subject’s eye) of at least 350 mm to facilitate pediatric imaging.  

2.3 Methods 

2.3.1 Lens and System Design  

We used a single 2f refractive relay to design a long working distance OCT 

system with a compact form factor (Fig.2). In this design, a beamshaping lens (L1) 

directed converging light through the optical scanners to a focus at a distance f2 prior to 

the objective (L2), resulting in collimated light incident on the cornea. The scanning 

mirrors were placed conjugate to the subject’s pupil at a distance 2f2 prior to the 

objective lens (L2). To achieve our design goal of 10 μm diffraction-limited lateral 

resolution at the retinal plane across +/− 8° FOV, L1 and L2 are two custom-designed 

lenses. The detailed lens design of these two lenses is shown in the results section. 
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Figure 2: Schematic of a novel 2f retinal OCT scanner design enabled by 

delivering converging light into a single 2f refractive relay. 

2.3.2 Human Imaging 

The prospective in vivo human study was approved by the Duke University 

Medical Center Institutional Review Board, and it adhered to the Health Insurance 

Portability and Accountability Act and all tenets of the Declaration of Helsinki. Healthy 

volunteers and patients, both adults and children, were enrolled after obtaining written 

informed consent from either the participant or from the legal guardian of the 

participant after explanation of the potential risks of the study. Eligible eyes for this pilot 

study could be healthy or exhibit pathology, and all eligible eyes were required to have 

media adequate for imaging and reasonable visual function (eyes with dense amblyopia 

or no light perception (NLP) vision were excluded). The optical power incident on the 

cornea at 1040 nm was measured at below 1.7 mW before and after all imaging sessions, 
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which was well under the maximum permissible exposure determined by ANSI safety 

standards.   

Images centered on the fovea and on the optic nerve head were attempted in 

each eye using the following protocol: B-scans comprised of 800 A-scans/B-scan and 

volumetric scans comprised of 800 A-scans/B-scan and 96 B-scans/volume. Radial scans 

with 800 A-scans/B-scan and 24 B-scans were also attempted in the adults and teenagers, 

but not in the group of young children due to the restricted imaging session time.  The 

B-scan, volume, and radial scan frame rates were 125 Hz, 1.3 Hz, and 5.2Hz, 

respectively. 

The prospective study consisted of four sequential stages. In stage 1, the 

prototype LWD-OCT system was used to obtain images in 10 adults, with or without 

retinal pathology, to optimize the system design and imaging protocol. In stage 2, LWD-

OCT imaging was obtained in 16 adults (8 with pathology and 8 without pathology). In 

stage 3, LWD-OCT imaging was obtained in 16 children aged 13-18 (called teenagers for 

the rest manuscript, 8 with pathology and 8 without pathology). In the last stage, to test 

the feasibility of imaging in young children without a need for sedation and supine 

positioning, LWD-OCT imaging was obtained in children under 6 years of age (called 

young children for the rest chapter). To proceed from one stage to the next, a minimum 

of 80% of the scans for each scan type had to be graded as “good”. The grading protocol 

is detailed in the Data Analysis section.  



 

16 

Alignment Protocol  

Adults in the study (stages 1 & 2) were aligned both laterally and axially using a 

chinrest mounted on a slit-lamp base. The green dot overlaid on the pupil camera 

images displayed on a computer monitor denoted the lateral position of OCT beam to 

facilitate lateral alignment (Figure 3(a)). For initial axial alignment, the participant’s 

head was translated until the pupil was in focus on the displayed pupil camera images. 

The final alignment was performed based on the real-time OCT images displayed on the 

custom software. 

The final goal of the study was to align and image young children without a 

chinrest, since children are inherently afraid of objects, including chinrests and slit-

lamps, close to their face. In stage 3 of this study, the teenagers were imaged without a 

chinrest and the participant’s head was gently held by the operator to align the system 

(Figure 3(a)). The OCT system was also placed on a motorized table with an adjustable 

height to help facilitate vertical alignment. In stage 4 of the study, children aged 4 to 6 

years were aligned in a similar method to that used for teenagers. Children under 4 

years of aged sat on the parent’s lap during alignment (Figure 3(b)). With guidance from 

the OCT operator, the parent then adjusted the child’s body and head position to align 

the system based on the pupil camera image feedback. The LCD screen displayed 
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fixation cartoons to attract the child’s attention. 

 

Figure 3: Demonstrations of the typical positioning of older and younger 

children with the imaging system. (a) A 9-year-old child aligned with the system by 

the operator. (b) A 2-year-old child seated in the parent's lap and aligned by the 

parent. (All photographs with parental permission.) The green dot on the pupil 

camera image indicates the location of the OCT beam.  

Survey 

A survey study was conducted with the participant after the imaging session. For 

the young child under 4 years of age, the survey was conducted with the participant’s 

legal guardian. The survey consists of four questions, which are listed below. 

1. Was the imaging session too long? (Yes/No for the first ten adult 

participants, and too long/acceptable/excellent for the rest participants) 

2. Was the fixation difficult? (Yes/No for the first ten adult participants, and 

hard/okay/easy for the rest participants) 

3. Was it difficult to hold steady for imaging?  (Not included in the survey 

of first ten adult participants, hard/okay/easy for the rest participants) 
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4. Was the imaging session uncomfortable? (Yes/No for the first ten adult 

participants, and uncomfortable/okay/comfortable for the rest 

participants) 

Volume Motion Artifact Correction 

Despite improvement in the imaging acquisition speed with swept source OCT 

system, artifacts due to the participant’s motion were still present in the volumetric 

images and degraded the quality of the acquired volumes. Additionally, motion artifacts 

were more noticeable when aligning the participant without a chinrest (stages 3&4) 

compared to when using a chin rest (stages 1&2), which is the convention method of 

alignment for clinical OCT system. Without a chin rest, axial motion was more 

noticeable since the child’s head was gently stabilized laterally (by the imager or parent) 

without forehead support. Motion artifacts in acquired volume, were corrected in post-

processing using the following correction algorithm specifically written in MATLAB 

(Mathworks,Natick, MA) for this study: 

1. Lateral and axial motion between subsequent B-scans was estimated from 

the peak of the cross-correlation between them, and all B-scans were 

registered to the first one used as a key frame. 

2. The top of the  inner segment/outer segment (IS/OS) junction layer  in the 

central B-scan of  fovea in the volumetric image was segmented[68] to 

obtain an estimate of retinal curvature. 
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3. To recover the approximate retinal curvature in the slow scan direction, 

all B-scans were axially shifted to match the estimated retinal curvature in 

the slow scanning axis. 

The motion artifact algorithm is illustrated in Figure 4 with representative 

volumetric foveal images of a 6-year-old child. All OCT volumes acquired in the study 

with significant axial motion artifacts were corrected using the algorithm described 

above. The motion artifacts in the volume of optic nerve head were also corrected in 

post-processing using the step 1 of the above algorithm.  

 

 

Figure 4: The illustration of the volume motion correction algorithm. (a) 

Volumetric image centered on the fovea of a 6-year-old child before motion 

correction. (b) Single B-scan at the center of the fovea with a segmentation line (red) at 

the top of the IS/OS band. (c) The same volumetric image after motion correction.  

Data Analysis 

The B-scans and OCT volumes of the first ten adult participants acquired were 

graded by two independent graders based on four categories: lateral centration and axial 

centration of fovea or optic nerve head, contrast and resolution. A scoring system was 
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devised and each category was given a mark: 2 for high quality, 1 for acceptable or 0 for 

unacceptable scans. Analysis of results showed that there was 100% intergrader 

agreement on scoring of each type of scans of all ten adult participants, therefore the rest 

of the images were graded by a single grader (SM) based on this scoring system. The 

total score was defined as a sum of all categorical marks and the highest attainable score 

was 8. The scan was deemed high quality if the total score was 7 or 8 and the scan was 

deemed acceptable if the score was 5 or greater. For the overall quality of the volumetric 

image, the grade was given for the best single B-scan in the volume. Further, the best 

foveal scan acquired from each eye was chosen to assess the presence of retinal layers 

and pathology at the fovea. Similarly, for the optic nerve scans, the overall volume, as 

well as the ability to capture the entire optic nerve was assessed.  

To address a primary outcome of whether successful imaging was possible with 

this system, we recorded the percentage of eligible eyes that were successfully imaged 

with LWD-OCT. To address the second primary outcome of whether high-quality 

images of fovea and optic nerve head could be acquired with LWD-OCT, the average 

score of each imaged eye was calculated by averaging the scores of three categories of 

images: B-scans of fovea, volumes of fovea and optic nerve head. The radial scans of 

fovea were not included in calculating the average scores since they were acquired only 

in the adults and teenagers. To address a secondary outcome of whether the quality of 

captured images was comparable across age groups, the Wilcoxon signed-rank test was 
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used to compare the average grading scores for pairs of age groups (adults vs. teenagers 

vs. young children) to assess whether image quality of LWD-OCT prototype system is 

consistent among all the age groups. The null hypothesis was that image quality scores 

were not significantly different among all age groups, and a P-value lower than 0.05 was 

deemed statistically significant. 

The alignment time was another key parameter used to assess the performance 

of the prototype system, especially in pediatric imaging. The alignment start time was 

defined as the time point when the imager first obtained rough alignment of the 

participant’s pupil within the field of view of the pupil camera, and commenced 

acquisition of B-scan images.  The alignment stop time was defined as clear and constant 

visualization of fovea in the real-time B-scan images.  
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2.4 Results 

2.4.1. Lens and System Design  

 

Figure 5 Optical design of the 2𝑓 sample arm. (a-b) Detailed lens design of 𝐿1 

(a) and L2 (b); (c) spot diagram at the retinal plane of a schematic eye, AR=airy disk; (d) 

complete optical design with defined parameters and distances.  

 

To optimize lateral resolution at the retinal plane, the 2f design employed two 

custom-designed lenses (L1 and L2) shown in Fig.5(a-b). The lenses were designed in 
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ray tracing software (Zemax, LLC; Kirkland, WA), and the diameter, thickness, and 

surface curvature of each element was optimized to minimize aberrations and achieve 

our design goal of 10 μm diffraction-limited lateral resolution at the retinal plane across 

+/− 8° FOV.  Achromatic doublets were chosen to minimize the optical power of each 

individual element and reduce chromatic aberrations. The surface curvatures and 

thicknesses of each element in L1 were allowed to vary during the design optimization 

process to achieve diffraction-limited focusing at the intermediate image plane (red line 

in Fig.3(d) using the RMS spot size as our optimization metric. Similarly, the design of 

L2 was optimized by allowing the curvatures, thicknesses, and distances between 

elements to vary to achieve collimated light at the ocular pupil plane using the RMS 

angular spot radius as the optimization metric. Finally, we employed a schematic eye 

model [69] at the ocular pupil plane and optimized both L1 and L2 using the same 

degrees of freedom previously noted to minimize the RMS spot size at the retinal plane. 

Due to the large size of L2, compensating for refractive error by axially translating the 

lens was impractical. Instead, the fiber tip was translated axially relative to L1 to vary 

the beam vergence prior to the cornea to refocus the OCT beam at the retinal plane. The 

optical design achieved a simulated refractive error correction range of +5 to −8 diopters 

by translating the fiber tip from – 0.8 mm to 1.1 mm.  Overall, the working distance of 

the system (from the dichroic mirror to the participant's pupil) was 350 mm with a 

maximum scanning angle of 16°, limited by the diameter of L2, with a lateral resolution 
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of <10 μm over the entire angular scan range (Fig.5(c)). Prominent aberrations present at 

the retinal plane of the schematic eye in both designs were transverse chromatic and 

spherical aberrations. 

 

Figure 6: The optomechanical design of the OCT system and the fixation 

system. 

The optomechanical design of the OCT system and the fixation system is shown 

in Fig.6.  A liquid crystal display (LCD) screen (Lilliput Electronics, Inc., City of 

Industry, CA) was coaligned with the OCT system using a custom dichroic mirror (DM; 

OPCO Laboratory, Inc., Fitchburg, MA) and displayed a crosshair target to facilitate 

fixation during imaging of adults and older children. During imaging of young children, 

the LCD screen displayed animation videos selected before the imaging session by each 

child based on his or her preference. Additionally, a pupil camera (Point Grey Research, 

Inc., Richmond, Canada) was used to facilitate initial lateral and axial alignment of the 
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ocular pupil to the OCT beam. A green marker overlaid on the live pupil camera frames 

denoted the lateral position of the OCT beam. 

 

Figure 7: The OCT engine design and performance. (a) SS-OCT system with a 

transmission reference arm interferometer; (b) Sensitivity fall-off and axial resolution 

measurements of the system  

 

The swept source OCT engine used a 1040 nm, 100 kHz swept laser source and a 

transmissive reference arm interferometer (Fig.7(a)). The system achieved an axial 

resolution of 8.12 μm across the entire depth range of 7.4mm, and a peak sensitivity of 
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102dB with a 6dB imaging range of 4.39mm (Fig.7(b)). The  custom graphic processing 

unit (GPU) accelerated custom software enabled real-time volumetric imaging at 100k 

A-scans/second [70].  

2.4.2 Human Imaging 

We enrolled 26 adults (10 with pathology and 16 without pathology), 16 

teenagers (8 with pathology and 8 without pathology) and 7 young children (4 with 

pathology and 3 without pathology) in this prospective study.  

The total number of participants, eyes, and eyes with acquired images of each 

age group are shown in Table 1.  In 4 of the young children (21 months, 2 years, 2 years 

and 3 years old), one eye of each participant was excluded from the study due to 

unmeasurable low vision with amblyopia, retinoschisis detachment with scarring, no 

light perception with massive coloboma, or parents’ decisions not to proceed with 

research imaging.  

Of all of the study eligible eyes, 50 of 52 adult eyes (96.2%) and 29 of 30 teenager 

eyes (96.9%) were successfully imaged. Among the adults, two eyes from one participant 

were not successfully imaged due to a temporary system malfunction. Among the 

teenagers, one eye was not successfully imaged due to the participant had very high 

diopter (+23D) customized contact lens. Among the young children with eligible eyes, 3 

eyes from two children (13 months and 2 years old), were not successfully imaged, as 
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they were uncooperative and unable to maintain fixation. The youngest child that was 

successfully imaged was 21 months old. 

Table 1: Number of enrolled participants, eligible eyes, and eyes that were 

successfully imaged in the LWD-OCT study.  

Age Group 

(years) 

Total number of 

participants 

Total number of 

eligible eyes 

Total number of eyes 

with acquired images N 

(%) 

Adults 26 52 50 (96.2) 

Teenagers (13-

18yrs) 

16 32 31 (96.9) 

Young children 

(13 mos-6 yrs) 

7 10 7 (70) 

 

Young Children Imaging 

Representative B-scans and volumes of fovea and optic nerve head of normal 

participants in the group of children under age of 6 are shown in the Figure 8(a-d).  

Retinal pathology, such as optic nerve head elevation, OPL disruption, retinoschisis and 

subretinal fluid were also successfully identified in the pediatric group using the 

prototype system. Some representative B-scans and volumetric images with pathology 

are shown in the Figure 8 (e-h).    
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Figure 8: Representative SSOCT images acquired from a teenager and young 

child with and without pathology are illustrated and obtained with the prototype 

system. (a) Ten averaged B-scans of a healthy 6-year-old child. (b) Volume of the 

fovea of a healthy 2-year-old child. (c, d) Ten averaged B-scans and volume of optic 

nerve of a healthy 6-year-old child. (e, f) Ten averaged B-scans and the cross section of 

volume of a 5-year-old child with retinoschisis. (g, h) Ten averaged B-scans and 

volume of a 16-year-old child with optic nerve head elevation. All B-scans and 

volumetric images here were graded as high-quality scans.  

Imaging Grading 

Among all the successfully imaging sessions, the overall percentages of images 

with grading scores higher than or equal to 7 (good scans) of each age group are 82%, 

84% and 86%. The average score of the adults group (n=50) is 7.29 ±1.01. The average 

score of teenagers (n=31) is 7.24±1.39, and the average grade of young children (n=7) is 

7.31 ± 1.00, and image quality of different age groups did not have significant differences 

by two-sided Wilcoxon rank sum test (Figure 9). Note that the two enrolled eye of adults 

and the three enrolled eyes of young children that were not successfully imaged were 

excluded from statistical analysis of grading.   
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Table 2: Results of grading of SSOCT images for each age group in this LWD-

OCT study 

 

 

 

 

Figure 9: Boxplot of image grading scores of three age groups in the study, and 

results of the Wilcoxon rank sum test between every pair of two age groups. Outliers 

are defined as the scores larger than 1.5 times the interquartile range of the box.  
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System Alignment 

An important parameter to evaluate the difficulty of alignment is alignment time 

(defined in the methods section). The alignment time of 38 eyes of adults, 6 eyes of 

teenagers and 7 eyes of young children were measured (Figure 10). It should be noticed 

that the alignment time of first 8 eyes in the study was relatively longer, because the 

green dot marker in the pupil camera image indicating the OCT beam location was not 

fully calibrated. Additionally, the examiner was not experienced in operating the system 

in the initial part of the study. As a result, the alignment time of the first 8 eyes were 

excluded from the statistical analysis below. 

 

Figure 10: Alignment time of 38 eyes of adults (red dots), six eyes of teenagers 

(green circles), and seven eyes of young children (blue diamonds). 
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The average alignment time across all three age groups (n=43) was 6.8 ± 6.7s. The 

average alignment time of adults (red dots in Figure 9, n=30), teenagers (green circles in 

Figure 6, n=6) alignment time of young children (blue diamonds in Figure 9, n=7) were 

6.0 ± 5.6s, 5.2± 1.8s and 11.4s ± 11.4s. It should be noticed that the average alignment time 

of young children was calculated based on 7 of 10 eyes that were successfully imaged. 

Survey Outcomes 

Table 3: The survey results of each age group in this LWD-OCT study 

 

 
 

First 10 

Adults 

N (%) 

The rest 

Adults 

N (%) 

Teenagers 

N (%) 

Young 

Children 

N (%) 

Total* 

    N (%) 

Was 

imaging 

session too 

long? 

Yes 2(20%) 1(6%) 0(0%) 0(0%) 3(6%) 

Acceptable 

8(80%) 

12(75%) 13(81%) 6(86%) 

46(94%) 
Excellent 3(19%) 3(19%) 1(14%) 

Was the 

fixation 

difficult? 

Hard 0(0%) 0(0%) 0(0%) 2(29%) 2(4%) 

Okay 10 

(100%) 

2(13%) 5(31%) 2(29%) 
47(96%) 

Easy 14(87%) 11(69%) 3(43%) 

Was it 

difficult to 

hold steady 

for 

imaging? 

Hard 

N/A 

1(6%) 1(6%) 2(29%) 4(10%) 

OK 4(25%) 6(38%) 4(57%) 14(36%) 

Easy 11(69%) 9(56%) 1(14%) 21(54%) 

Was the 

imaging 

Uncomfortab

le 
2(20%) 1(6%) 0(0%) 0(0%) 3(6%) 
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session 

comfortable

? 

Okay 

8(80%) 

3(19%) 6(37%) 3(43%) 

46(94%) 
Comfortable 12(75%) 10(63%) 4(57%) 

 

* To combine the survey results of the first ten adult participants with the rest participants 

in this column, we collapsed acceptable/excellent imaging session time (Question 1), okay 

and easy fixation (Question 2), and comfortable and okay imaging session (Question 4).  

 

All 49 participants were enrolled in the survey. 46 of 49 (94%) participants in 

total, including all 7 young children (100%) participants indicated that the imaging time 

was not too long.  All 3 participants who considered the imaging time too long were the 

participants during in the optimization stage of the study.  47 of 49 (96%) participants in 

total, including 5 of 7 young children participants (71%) did not feel that fixation was 

difficult to achieve and maintain. Two young children, whose parents considered the 

fixation difficult, were the participants in which OCT images were not successfully 

acquired. 35 of 39 (90%) participants, including 5 of 7 young children, didn’t think 

holding steady during the imaging session was too hard. It should be noted that this 

question was not included in the survey of first ten adult participants, which lead the 

total number of participants’ feedback of this question to be 39 instead of 49.   15 of all 18 

participants (83%) who were imaged as the imager gently held participants’ head 

(Figure 5(a)), considered it easy or okay to hold steady, while the parents of 4 of 5 (80%) 
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young children participants under 4 years of age who were situated in parents’ laps 

(Figure 5(b)) considered it easy or OK to hold steady. 46 of 49 (94%) participants in total 

including all 7 young children participants, thought the overall imaging session was OK 

or comfortable.  

2.5 Discussion 

In this study, we demonstrated the use of a prototype LWD-OCT system with a 

working distance of 350 mm to image young children under 6 years of age without 

sedation and chinrest and with a reasonable alignment time. OCT systems with long 

working distances have been previously developed for endoscopic imaging probes (up 

to 80mm)[71] for tissue imaging and microscope integrated OCT systems (up to 175 

mm)[72-74] for intraoperative imaging. To our knowledge, this is the longest working 

distance OCT system that has been reported. The 2f optical relay, which has been 

previously implemented in scanning laser ophthalmoscopes (SLO)[75, 76] and adaptive 

optics SLO[77], greatly reduced the footprint and weight of the system. The system also 

employed a 100KHz swept source, which has a faster A-scan rate than most commercial 

spectral domain OCT systems, and it allows volumetric imaging of retina in as shorter 

imaging time with less motion artifacts.  

The current study was conducted in three age groups: adults, teenagers and 

young children. In young children, we were only able to image 7 of 10 eyes with this 

system. It is important to note that in one of these children aged 21 months old, 
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however, no clinical OCT imaging was possible due to the participant’s inability to 

fixate in front of the tabletop system, yet we were able to image the macula with the 

LWD OCT system. 

For the eyes in which OCT images were successfully acquired, there was no 

significant difference in image quality grades between the age groups with 5% 

significance levels, and the overall percentages of high-quality scans were higher than 

80% for each age group. While cooperation was still a challenge in two young children (3 

eyes) when using the current tabletop setup, when images could be captured, they were 

generally very high-quality volume and B-scan images of macula and optic nerve head. 

The mean alignment time was 11.4s for young children when OCT images were 

successfully captured, indicating the feasibility of alignment of young children and 

infants without the use of chinrest and supine position using LWD-OCT.  

Handheld OCT probes have shown a great promise in young children and infant 

bedside imaging. However, handheld OCT imaging of young children and infants 

without use of sedation and supine position in general is difficult. In contrast, with our 

LWD-OCT system we have the ability to image young children while they were 

comfortable and with minimal restraint sitting on their parent’s laps and watching 

cartoons on the LCD screen in front of them. In addition, our LWD-OCT system allowed 

participants to maintain a comfortable distance from the “intimidating” instrument.  
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One of the major limitations of our LWD-OCT system is the absence of an 

automatic tracking and alignment system, and it was the main reason why we didn’t 

successfully image three eyes of young children in the study. The current system 

alignment relies on the participant’s parents or examiners gently holding and adjusting 

the position of the participants’ head as well as the operator adjusting the height of the 

instrument table based on the feedback from the pupil camera and the real-time OCT 

images. These requirements to acquire high quality images in children may increase 

alignment difficulty and introduce more motion artifacts. Future work may include 

placing the OCT sample arm on a three dimensional motorized translational stage, using 

additional methods to detect fixation[78], and implementing the pupil tracking 

technology into the current prototype system[79], so that the system can be aligned with 

the participant automatically based on the pupil position extracted from the pupil 

tracking system, and the alignment time could potentially be reduced. An automatic 

tracking and alignment system can potentially facilitate LWD-OCT imaging of young 

uncooperative children. 

In the study, we also noticed that our current fixation targets and cartoon movies 

sometimes did not attract the child’s attention, especially when imaging children less 

than 3 years of age.  Moreover, the visible prototype optical elements such as the large 

objective lens distracted the child from the fixation movies. In the future, more age 

specific fixation targets or cartoon movies will be used[80]. Additionally, all the optical 
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elements of the system will be housed in an enclosure to ensure the participant not get 

distracted.  

Another limitation is the motion artifacts in volumetric images. The motion 

artifacts were inevitable as the participants were imaged without a chinrest and 

positioned further away from the system compared to the conventional tabletop OCT 

systems. We applied a motion artifact correction algorithm to correct axial and lateral 

motion along the B-scan direction in the volume as shown above (Figure 6). Although 

the algorithm partially compensated for participant motion during image acquisition in 

order to generate high quality image volumes, it made several assumptions (such as that 

the retinal curvature in fast and slow OCT acquisition directions was the same) that 

should limit extraction of quantitative morphological data from the acquired image 

volumes. Additionally, other motion artifacts such as lateral and rotational motion out 

of the B-scan plane could not be corrected using the current setting, which may affect the 

visualization of volumes.  A more robust method to remove motion artifacts in volumes 

is to use an orthogonal scan pattern[81, 82], which will be considered in future studies.  

Another potential improvement would be to employ an OCT light source with 

much longer instantaneous coherence length, such as a vertical cavity surface-emitting 

laser (VCSEL), which has a theoretical imaging range of more than one meter[83], 

compared to 7.4mm in our current prototype system. In general, the axial alignment of 

the LWD-OCT system is more difficult than with a conventional tabletop OCT system, 
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since the participant’s eye is much further away from the system and not fixed by the 

chinrest. A much longer imaging range could potentially help the imager locate the 

participant’s axial position much easily, however such light sources and the related 

acquisition systems are not yet clinically viable. 

In summary, we successfully captured high quality retinal images of adults, 

teenagers and young children with and without pathology using our prototype LWD-

OCT system. Furthermore, we successfully imaged children as young as 21 months old 

without sedation in clinic. Additional studies such as comparative studies among the 

LWD, the conventional tabletop and the handheld probe OCT system, are needed to 

further validate the utility of our prototype. 

2.6 Summary 

In this work, we demonstrate a prototype retinal swept-source OCT system with 

a long working distance (from the last optical element to the subject’s eye) to facilitate 

pediatric imaging. To reduce the number of optical elements and axial length compared 

to the traditional 4f telescope, we employ a compact 2f retinal scanning configuration 

and achieve a working distance of 350 mm with a 16° OCT field of view. In the following 

clinical study, the LWD-OCT imaging was successfully performed on 88 of 94 eligible 

eyes, including seven of 10 eyes of young children. Of the successfully acquired OCT 

images, 83% of B-scan and volumetric images, including 86% from young children, were 

graded as high-quality scans. Pathology was observed in high-quality OCT images. 
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Overall, the prototype LWD-OCT system achieved high quality retinal imaging of 

young children with and without pathology with reasonable alignment time, and the 

system can potentially facilitate imaging in children.
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3. Anterior Chamber Blood Cell Differentiation Using 
Spectroscopic OCT 

3.1 Abstract 

There is potential clinical significance in identifying cellular responses in the 

anterior chamber (AC) of the eye, which can indicate hyphema (an accumulation of red 

blood cells [RBCs]) or aberrant intraocular inflammation (an accumulation of white 

blood cells [WBCs]). In this work, we developed a spectroscopic OCT analysis method to 

differentiate between populations of RBCs and subtypes of WBCs, including 

granulocytes, lymphocytes and monocytes, both in vitro and in ACs of porcine eyes. We 

developed an algorithm to track single cells within OCT datasets, and extracted the 

backscatter reflectance spectrum of each single cell from the detected interferograms 

using the short-time Fourier transform (STFT). A look-up table of Mie back-scattering 

spectra was generated and used to correlate the backscatter spectral features of single 

cells to their characteristic sizes. The extracted size distributions based on the best Mie 

spectra fit were significantly different between each cell type. We also studied 

theoretical backscattering models of single RBCs to further validate our experimental 

results. The described work is a promising step towards clinically differentiating and 

quantifying AC blood cell types.   
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3.2 Background 

There are many diseases associated with cellular response in the anterior 

chamber (AC) of the eye, the anatomical space between the cornea and the iris which is 

occupied by the aqueous humor. For example, hyphema is a collection of red blood cells 

(RBCs) inside the AC, which can occur after blunt trauma, after intraocular surgery, or 

spontaneously [84]. On the other hand, anterior uveitis, the most common form of 

intraocular inflammation, causes an accumulation of white blood cells (WBCs, also 

called leukocytes) in the ocular anterior chamber. Further, the subtype of WBC response 

may provide differentiating diagnostic information regarding the type of inflammation 

and hence the appropriate treatment. For instance, a predominant response of 

polymorphonuclear WBCs (also called granulocytes), mainly neutrophils, may suggest 

an endotoxin-induced or HLA-B27-associated acute uveitis [85, 86], while a predominant 

response of mononuclear WBCs, mainly lymphocytes and monocytes, may suggest 

sarcoidosis [87], Vogt–Koyanagi–Harada [88] and melanin-protein-induced uveitis [89]. 

The primary current diagnostic tool to examine the condition of the aqueous humor and 

evaluate the severity of these diseases is slit-lamp microscopy. Although specialists can 

recognize the presence or absence of these responses, subjective qualitative assessment 

of these conditions makes it difficult to judge the longitudinal course of the response. In 

addition, subtypes of WBCs, such as granulocytes, lymphocytes and monocytes, cannot 

be differentiated using clinical ophthalmic microscopy.  The true composition of cells in 
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the aqueous humor can be obtained using AC paracentesis and flow cytometry [90]. 

However, AC paracentesis is an invasive procedure that requires a needle insertion and 

local anesthesia [91].    

Optical coherence tomography (OCT) allows noninvasive, high-resolution cross-

sectional imaging of the AC [92]. Several groups have investigated its potential in 

grading AC inflammation by locating and counting cells within anterior segment OCT 

(AS-OCT) images [93-97]. However, quantitative analysis of the true composition of cells 

using OCT remains a challenge. Healthy RBCs have a biconcave shape which is 7.5 to 8.7 

μm in diameter and 1.7 to 2.2 μm in thickness [98], while WBCs are more globular with 

a mean diameter range from 6 to 20 μm [99]. Conventional, clinical AS-OCT systems 

have an axial resolution of ~5-10 µm in tissue, and a lateral resolution of tens of µms. 

Therefore, individual cells appear as indistinguishable hyper-reflective spots in 

conventional AS-OCT images [100]. Rose-Nussbaumer et al. have investigated 

differentiation of RBCs and subtypes of WBCs using the reflectance intensity in OCT 

images [100]. Although the average reflectance distribution of each cell type was shown 

to be different with statistical significance, cell reflectance in OCT images can be easily 

affected by many factors, such as illumination laser power, optical alignment, and 

cornea opacities. Ossowski et.al have developed a method to detect and differentiate 

moving RBCs and WBCs using phase-sensitive OCT in vitro; however, the method relies 
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on using a custom designed microfluidic device with a highly scattering substrate, and 

is difficult to implement in vivo [101].  

The goal of this work is to develop a spectroscopic OCT analysis method to 

differentiate between populations of RBCs and subtypes of WBCs, including 

granulocytes, lymphocytes and monocytes. The proposed work can potentially provide 

quantitative diagnostic information of cellular responses in the ocular anterior chambers 

of patients in the clinic and expand the field’s pathophysiologic knowledge about 

diseases such as anterior uveitis. 

3.3 Methods 

3.3.1 OCT system design 

A custom swept-source OCT (SSOCT) system (Fig.1(a)) was built for this study. 

The system employed a 100-kHz swept-wavelength laser (Axsun Technologies; Billerca, 

MA), centered at 1052 nm with a sweeping range of 108 nm. The interferometric signal 

was detected with a dual-balanced receiver (Thorlabs, Inc.; Newton, NJ) with 1GHz 

electronic bandwidth and digitized at 800 MS/s (AlazarTech Inc.; Pointe-Claire, QC, 

Canada). The sample arm included a collimator lens, a pair of galvanometer scanning 

mirrors (Thorlabs, Inc.; Newton, NJ) and a telecentric imaging lens with a working 

distance of 75 mm (Fig 11(a)). The lateral resolution was measured to be 20 μm. The 

measured sensitivity and -6 dB fall off of the OCT system was 103 dB and 4.39 mm with 

2.2mW illumination power on the sample, respectively (Fig.11(b)). The measured axial 
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resolution was constant over an imaging range of 5.5 mm with a mean full width at half 

maximum of ~8.8 μm (in air) (Fig.1(b)). The maximum imaging range of the system was 

7.4mm. Custom GPU-based software enabled real-time acquisition, processing, and 

rendering of volumetric data at a 100-kHz A-line rate. 

 

Figure 11: The custom OCT system design and performance evaluation.(a) 

Schematic diagram of the custom swept-source OCT system, and (b) fall off 

sensitivity performance and axial resolution of the system across an imaging range of 
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5.5mm. L, L1, L2: lenses, G: galvanometer scanner, M: mirror, BD: beam dump, UP: 

unused port, BR: balanced receiver    

3.3.2 Phantom and Cell Preparation 

Ex vivo Phantom Preparation 

To first demonstrate the feasibility of using spectroscopic OCT to distinguish 

cellular scale objects in the AC, approximately 0.1 mL 10 µm polystyrene microspheres 

with a particle density of 1.05 g/cm3 (Thermo Scientific; Waltham, MA) were suspended 

in 5mL water and injected into the ACs of freshly enucleated porcine eyes (N=2).  

In vitro Cell Preparation 

Fresh human RBC (N=3) and cryopreserved human WBC samples (ZenBio Inc.; 

Research Triangle Park, NC), including granulocytes (N=4), lymphocytes (N=3) and 

monocytes (N=3), from healthy donors were obtained. Cryopreserved WBC samples 

were rapidly thawed in a 37 °C water bath prior to use and suspended in phosphate-

buffered saline (PBS) (Sigma-Aldrich; St. Louis, MO) solutions. Cryoprotectant was 

removed by centrifuging cell suspension at 400x g for 10 mins. The cell samples were 

then re-suspended in PBS solutions containing 0.1% bovine serum albumin (Sigma-

Aldrich; St. Louis, MO) to a concentration of ~150 cells/mm3, and transferred to the glass 

cuvettes for imaging.  

Ex vivo Cell Preparation 

In the final experiment to mimic cell characterization in an in vivo environment, 

freshly enucleated porcine eyes obtained from a local slaughterhouse and stored at 4°C 
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were used, and human RBCs, granulocytes, lymphocytes and monocytes (obtained and 

prepared as in above section) were injected into the ACs of porcine eyes using a syringe 

for immediate imaging.  

3.3.3 Data Acquisition 

Due to the weak backscattering signal from single blood cells imaged by our 

system, we required between 20 and 30 repeated and averaged measurements from the 

same cell to achieve the necessary SNR for the following spectroscopic analysis (Fig. 

3(c)-(d)). Unlike cells moving following a circulating aqueous humor flow pattern due to 

the natural temperature gradient in the eye [102], the flow patterns of in vitro or ex vivo 

cells can be affected by many factors, such as gravity, motion introduced during sample 

resuspension, and temperature gradients in the medium. Therefore, we found that two 

different OCT scan protocols, repeated B-scans and volumetric scans, were necessary, 

depending on the velocity and direction of cell movements observed in each sample, 

with the goal of keeping each single cell within the FOV in repeated scans and, at the 

same time, maximizing the FOV to capture more cells.  

For the data reported in this study, we used either volumetric scans or repeated 

B-scans at the same location. For each sample, we first aligned the sample such that the 

system’s B-scan direction was aligned along the dominant direction of cell motion (i.e., 

vertical due to gravity). Then, 50 repeated B-scans were acquired with 500 A-scans/B-

scan, providing a FOV of 2 mm in the B-scan direction.  For samples in which more than 
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50% of localized cells (according to the procedure described in Section 3.2.4) remained 

within the FOV for at least 20 repeated B-scans, the repeated B-scan data was used for 

further analysis.  

For samples in which fewer than 50% of localized cells remained within the FOV 

for 20 repeated B-scans, a volumetric imaging window was utilized, particularly for 

freshly resuspended cells with higher and less uniform velocity, which were more likely 

to move out of the imaging plane in the B-scan mode. Instead, for these samples, 50 

repeated OCT volumes were acquired with scan dimensions of 96 A-scans/B-scan and 48 

B-scans/volume, and a lateral FOV of approximately 0.4 mm x 0.2 mm. The effective 

volume rate with these scan parameters was 22 Hz.  

Both volumetric and repeated B-scan modes achieved nearly isotropic sampling 

resolution with a lateral sampling resolution of approximately 4 µm, and an axial 

sampling resolution of 5.4 µm.  

3.3.4 Single Cell Localization and Tracking 

In the repeated B-scan mode, individual cells within OCT image (Fig.12(a)) were 

first localized by creating a binary image using intensity thresholding (Fig.12(b)), then 8-

connected component labeling was applied to detect connected regions in the binary 

image and assign labels to individual cells (Fig.12(c)). Additionally, if the distance 

between two cell labels were within 4 pixels, these two labels were combined as the label 

of the same cell. To differentiate cells from noise and exclude cells which were out of the 
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imaging plane, only connected-components larger than 6 pixels were considered as cells. 

We used the A-scan (Fig.13(a)) at the center of every labelled cell (Fig.12(d)) for further 

spectroscopic analysis.  

For the volumetric OCT mode (Fig.12(a)), we performed the same processing as 

just described on each B-scan of each volume. If the distance between any centers of 

labels in two adjacent B-scans was less than or equal to 4 pixels, these two labels were 

combined as the label of the same cell. Similarly, we used the A-scan at the center of 

every labelled cell in the volume for further spectroscopic analysis. 

To identify cells within sequentially acquired volumes, we compared whether 

the location of a cell in one volume corresponded with cell locations within a small voxel 

region in both the preceding and subsequent volume. If so, co-localized cell locations in 

sequential volumes were categorized as a single cell. The dimensions of the voxel 

regions were determined based on the moving speed of cells in each sample. The 

tracking of each cell stopped when it left the acquired volume. For B-scan mode, every 

single cell was tracked with a similar approach to locate cells in a neighborhood region. 

The cell was labelled to be out of the FOV when the peak cell intensity fell below a 

defined threshold value. Only cells staying in the FOV for at least 20 repeated B-scans or 

volumes were used for the following spectroscopic analysis. 
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Figure 12:  Single cell localization and tracking algorithm. (a) Representative 

B-scan of lymphocytes suspended in the cuvette; (b) Binary B-scan image after 

intensity thresholding; (c) Individual cell localization using 8-connected component 

labeling, with each cell assigned a different overlay color; (d) Same B-scan as (a) with 

the centers of cells labeled.  

3.3.5 Spectroscopic Analysis 

The ability to perform SOCT in Fourier-domain OCT using the STFT was first 

demonstrated by Letigeb et al. [103]. The signal intensity 𝐼(𝑘𝑜, 𝑧) extracted from the 

STFT of the detected interferogram 𝐼𝐷(𝑘) after linear wavenumber interpolation and DC 

subtraction can be expressed as  

                                          𝐼(𝑘𝑜 , 𝑧) = |𝐹𝑇(𝐼𝐷(𝑘)𝑊(𝑘 − 𝑘𝑜))| ,                                      (3) 
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where 𝑊(𝑘 − 𝑘𝑜) is the window function centered at 𝑘𝑜 and FT is the Fourier 

Transform. In this study, a Hamming window 𝑊(𝑘 − 𝑘𝑜) = 0.54 + 0.46 cos(2𝜋
𝑘−𝑘𝑜

∆𝑘
) 

with a spectral width ∆𝑘 of 23.7 cm-1 was chosen, corresponding to an axial resolution of 

~340 µm for each window. To perform the STFT, the window 𝑊(𝑘 − 𝑘𝑜)⁡was shifted 

across the acquired interferogram 𝐼𝐷(𝑘) a total of 100 times with a step size of 9.2 cm-1. 

Unlike for some previous spectroscopic OCT applications, the inherent tradeoff in 

spectral and spatial resolution of the STFT was not a significant drawback here, since the 

sample of suspended cells was sufficiently sparse that the likelihood of having more 

than one cell within each depth window was low.  

 

Figure 13: Spectroscopic analysis of single tracked cell in the OCT B-scan.(a) 

Representative OCT B-scan of a lymphocyte suspension with individual cells (white), 

their localized and tracked centers (blue), and an example A-scan used for 

spectroscopic analysys (red line); (b) STFT analysis of the red A-scan in (a) from a 
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localized cell; (c) single and (d) 30 averaged spectroscopic data extracted from a 

localized lymphocyte.  

Assuming an optical path length difference between a point scatterer and 

reference arm is 𝑧𝑖, the detected interferogram 𝐼𝐷(𝑘) is proportional to 

𝑆(𝑘)√𝑅𝑠(𝑘)cos⁡(2𝑘𝑧𝑖), where 𝑆(𝑘) is the laser power spectrum and 𝑅𝑠(𝑘) is the 

backscattering power spectrum of the scatterer [104]. Thus, the signal intensity 

𝐼(𝑘𝑜 , 𝑧)⁡extracted from a window centered at 𝑘𝑜 is 

                      𝐼(𝑘𝑜, 𝑧) ∝ |𝐹𝑇 (𝑆(𝑘)√𝑅𝑠(𝑘)cos⁡(2𝑘𝑧𝑖)𝑊(𝑘 − 𝑘𝑜))|  .                            (4) 

Assuming the backscattering power at the central wavenumber of the window, 

𝑅𝑠(𝑘𝑜), is the averaged backscattering power 𝑅𝑠(𝑘) across that window, [𝑘𝑜 − ∆𝑘/2, 𝑘𝑜 +

∆𝑘/2], and ignoring the complex conjugate, 

𝐼(𝑘𝑜, 𝑧 > 0) ∝ √𝑅𝑠(𝑘𝑜)|𝐹𝑇(𝑆(𝑘)𝑊(𝑘 − 𝑘𝑜)) ∗ 𝛿(𝑧 − 𝑧𝑖)| 

                                      ⁡∝ √𝑅𝑠(𝑘𝑜)|𝑃𝑆𝐹(𝑘𝑜, 𝑧) ∗ 𝛿(𝑧 − 𝑧𝑖)|                                        

                                       ∝ √𝑅𝑠(𝑘𝑜)|𝑃𝑆𝐹(𝑘𝑜 , 𝑧 − 𝑧𝑖)|                                                     (5) 

Here 𝑃𝑆𝐹(𝑘𝑜 , 𝑧) = 𝐹𝑇(𝑆(𝑘)𝑊(𝑘 − 𝑘𝑜)) is the coherence function or axial point-

spread function (PSF) of the “windowed” source spectrum. Experimentally, we obtained 

|𝑃𝑆𝐹(𝑘𝑜, 0)| by imaging a mirror with a uniform backscattering profile 𝑅𝑠(𝑘𝑜), which we 

used to calculate the normalized backscattering signal of the scatterer at 𝑧𝑖, 𝐼𝑛𝑜𝑟𝑚(𝑘𝑜, 𝑧𝑖), 

as 

                                  𝐼𝑛𝑜𝑟𝑚(𝑘𝑜 , 𝑧𝑖) =
𝐼(𝑘𝑜,𝑧𝑖)

|𝑃𝑆𝐹(𝑘𝑜,0)|
∝ √𝑅𝑠(𝑘𝑜)  .                                        (6) 
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The backscattering spectrum of the cell, 𝑅𝑠(𝑘𝑜), proportional to 𝐼𝑛𝑜𝑟𝑚
2(𝑘𝑜, 𝑧𝑖), 

was then calculated. The background spectrum of each cell was extracted from the 

adjacent 80 A-scans without cells at the same depth for noise subtraction. The spectrum 

after noise subtraction was then converted from wavenumber to wavelength and 

normalized to its mean (Fig.13(c)). By tracking individual cells in repeated B-scans or 

volumes, the averaged spectrum of each cell with much higher SNR was obtained 

(Fig.13(d)).  

3.3.6 Mie theory Library and Fit 

To estimate the backscattering spectra of polystyrene microspheres, we applied 

Mie theory to calculate the theoretical backscatter spectrum as a function of size for 

microspheres of a range of diameters. Although Mie theory assumes plane wave 

illumination, Xu et al. has demonstrated that, for an OCT system with a weakly-focused 

beam, the shape of the backscattering spectrum of a cell is not significantly affected by 

the NA of the sample beam, the axial location of the cell within the depth of focus, or the 

lateral location of the cell centered at within the beam width [105]. Thus, Mie theory is a 

reasonable model for this study. A look-up table of Mie spectra was generated using 

MiePlot [106] with the following parameters: refractive index of polystyrene npart = 1.572, 

refractive index of aqueous humor nmed = 1.336 [107], and the particle diameter d = 9-11 

µm, in increments of 0.01 µm. We fit the normalized backscattering spectrum of each 

microsphere with the Mie spectra library we generated, and the best fit was determined 
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by minimization of the mean squared error (MSE) between the Mie spectrum and our 

measured backscattering spectrum. The characteristic size of each microsphere was then 

directly extracted from the corresponding size of the best Mie spectra fit.  

We also used Mie theory to correlate the backscatter spectra of single cells to 

their characteristic sizes. Previous studies have shown that, for WBCs, light scattering 

from the cell in the backward direction is mostly due to scattering from the nucleus 

[108], and the characteristic size extracted from fitting the oscillatory components in the 

spectrum is highly correlated to the size of the nucleus [109]. A look-up table of Mie 

spectra for multiple cell nuclei sizes was also generated using MiePlot [106] for 

comparison against our experimental spectroscopic data. We used the following 

parameters based on previous studies of refractive index profiles of WBCs using 

refractive index tomography [110, 111]: the particle diameter d = 1-12 µm in increments 

of 0.05 µm; particle/nucleus refractive index npart =1.39-1.41, in increments of 0.005; 

medium/cytoplasm refractive index nmed =1.35-1.37, in increments of 0.005; and 

wavelength 𝜆 = 998-1103 nm.  

3.3.7 Red Blood Cell Backscattering Spectrum Modeling 

Because RBCs lack cell nuclei and are better modeled as biconcave discs rather 

than spheres, Mie theory may not accurately model RBC cell size. Moreover, 

backscattering spectra of a single RBC will be dependent on the orientation of the cell in 

relation to the incident beam. Prior studies have investigated the backscattering spectra 
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of a single RBC using first-order Born approximations [112, 113], T-matrix [114], and 

finite difference time domain analysis [115]. Here, we applied a body of revolution 

spectral integral method (BoR-SIM)  [116] to simulate the theoretical spectrum of an RBC 

model at different orientations. For this analysis, we used an expression for the shape of 

an RBC described by Fung, et al. [117] and Yurkin, et al. [118]: 

𝑇(𝑥) = 0.65𝑑√1 − 𝑥2(0.1583 + 1.5262𝑥2 − 0.8579𝑥4) 

Here, T is the thickness of the RBC along the axis of symmetry, 𝑥 is a relative 

radial cylindrical coordinate [ 𝑥 = 2𝜌/𝑑(−1 ≤ 𝑥 ≤ 1)],  𝜌 is a radial cylindrical 

coordinate, and 𝑑 is the diameter of the RBC.  The diameter 𝑑 we used in our simulation 

was 7.8 µm [119]. The cross section and 3D shape of our idealized RBC model is shown 

in Fig. 4. We assumed the refractive index of RBC to be 1.39. We ignored the effect of 

absorption coefficient and refractive index differences between oxygenated and 

deoxygenated RBCs in our simulation, as for a single RBC, these spectral signatures due 

to absorption are significantly weaker than those oscillatory spectral features due to its 

geometry and orientation [112]. 

Assuming a plane wave incident field, we varied the angle of the incident field 

relative to the RBC to model the RBC at different orientations and the corresponding 

resulting backscattering spectra. Because the RBC model is radially symmetric along z-

axis, varying the angle of incident field, α, along one cross section plane, xz, was enough 

to cover all the possible incident field conditions (Fig. 4(b)). Additionally, we modeled 
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the RBC backscattering cross-section spectrum at two orthogonal linear polarizations, 

horizontal polarization 𝜃 and vertical polarization Φ, with the incident angles of field, α, 

with respect to the RBC varying from 0° to 90° and a step size of 2.5°. Using a Mie 

theory fit, we compared the simulation results to the experimental results. While Mie 

theory cannot accurately model RBC cell size, as we also show later in Section 3.4.2 and 

3.4.4, both the simulated and experimental results showed that the extracted 

characteristic size distribution difference was sufficient to differentiate populations of 

RBCs from all subtypes of WBCs. 

 

Figure 14: The (a) cross section and (b) 3D rendered shape of the RBC model. 

In (b), illustrative angles are shown of the incident field α (blue arrows), at two 

orthogonal linear polarizations, horizontal 𝜽 (green arrow) and vertical 𝚽 (yellow 

arrow).  

3.4 Results 

3.4.1 Phantom Results 

A representative OCT B-scan image of 10 µm polystyrene microspheres injected 

into the AC of a freshly enucleated porcine eye is shown in Fig. 15(a). Representative 

spectroscopic data of a single microsphere and its best Mie spectral fit are shown in Fig 
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15(b). A histogram of microsphere sizes (N = 121), extracted from the corresponding best 

Mie fit, is shown in Fig. 15(c). The mean size was found to be 10.01 µm with a standard 

deviation of 0.029 µm. These values were within the manufacturer’s specification for 

these microspheres of 10.00 μm ± 0.08 μm. 

 

Figure 15: Results of ex vivo polystyrene microspheres experiment. (a) A single 

B-scan of 10um polystyrene microspheres injected into the AC of a porcine eye; (b) 

Five averaged STFT spectra obtained from a single microsphere (red circle in (a)) and 

its best Mie spectra fit. The best fit Mie spectra was for a 10.02µm diameter sphere; (c) 

Extracted microsphere thickness histogram from 121 microsphere measurements.  
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3.4.2 In Vitro Cell Results 

Isolated RBCs (N = 634), granulocytes (N = 769), lymphocytes (N = 737) and 

monocytes (N = 638) in separate glass cuvettes were imaged. Individual cells were 

localized and tracked in either B-scan or volumetric imaging mode based on the cell 

moving speed evaluation criteria in Section 3.3.3, and the characteristic size of each 

tracked cell based on the best Mie spectra fit was found. Histogram plots of 

characteristic sizes of each cell type are shown in Fig. 16(a,b,g,h), along with their means 

and standard deviations. Histogram plots of characteristic sizes of each cell type are 

shown in Fig. 6(a,b,g,h), along with their means and standard deviations. For RBC, the 

characteristic sizes (Fig. 6a) shows a bimodal distribution instead of a normal 

distribution; Therefore, we calculated the probability density function (PDF) of the RBC 

size distribution using kernel density estimation, and fitted the PDF with the following 

bimodal Gaussian distribution function,  

                                           ⁡f(x) = a1𝑒
−
(𝑥−𝜇1)

2

2𝜎1
2 + a2𝑒

−
(𝑥−𝜇2)

2

2𝜎2
2                                           (7) 

The means and standard deviations of the best-fit bimodal distribution were 

found to be, 𝜇1=1.94 µm, 𝜇2=5.41 µm, 𝜎1=0.85 µm, and  𝜎2=0.98 µm. In Fig. 17(c,d,i,j), we 

show the extracted backscattering spectra, best-fit Mie spectra, and extracted 

characteristic size of a representative single cell from each cell type. In Fig. 17e,f,k,l), we 

show the B-scan images containing the cells depicted in Fig. 17(c,d,i,j), with all cells in 

the B-scan color-coded to represent the best-fit characteristic sizes of each individual 
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cells within the image. Note that cells within the B-scan without color coding (shown in 

gray) correspond to cells that did not remain in the FOV for at least 20 repeated B-scans 

or volumes. 
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Figure 16: Results of in vitro studies of each cell type. (a,b,g,h) Histogram plots 

of characteristic cell sizes extracted from the best Mie spectra fit with mean and 

standard deviation; (c,d,i,j) Representative spectrum of a single cell from each blood 

cell type, and its best Mie spectra fit; (e,f,k,l) OCT B-scan image of each cell sample 



 

59 

with color-coded overlay of the characteristic best-fit sizes of individual cells 

observed (see color bar for best-fit cell size scale). Distance scale bar (white): 100µm.  

 

A boxplot representation of the characteristic size distributions for each cell type 

is shown in Fig. 17. The means of the size distributions were all found to be significantly 

different between each pairs of cell types using one-way ANOVA and post hoc tests 

with the Bonferroni correction (p < 0.0001/6 = 1.66*10-5), which indicates that 

characteristic size distribution could be used to differentiate between populations of 

RBCs and subtypes of WBCs. For patients with a dominant cell type present in the AC, 

the cell type can potentially be identified based on the extracted characteristic size 

distribution.  

 

Figure 17: Boxplot of the characteristic size distributions of RBCs, 

granulocytes, lymphocytes and monocytes observed in the in vitro cell study. The box 

plot represents the range of characteristic sizes, with the red line corresponding to the 

median size of each cell type, the blue box corresponding to the interquartile 

distribution, the whiskers corresponding to the sizes within 1.5 times the 
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interquartile range and the red plus signs representing outliers that are located 

outside the whiskers.  

The size distribution of each type of cell was found to overlap with the size 

distributions of other types of cells, which means it will still be challenging to 

differentiate cell type at the single-cell level. To further quantify the overlap among the 

size distributions, the support vector machine (SVM) classifier with a Gaussian kernel 

and 10-fold cross validation was applied, and the receiver operating characteristic (ROC) 

curves between the characteristic sizes of each pairs of cell types were plotted in Fig.8, 

along with the corresponding areas under the curve (AUC). 

 

Figure 18: The ROC curves between the characteristic sizes of each pairs of cell 

types, along with the corresponding AUC values. 

3.4.3 Ex vivo Cell Results 

We also investigated granulocytes injected into the ACs of freshly enucleated 

porcine eyes to mimic the in vivo environment. A representative OCT volume render 
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with granulocytes suspended in the AC of a porcine eye is shown in Fig.19(a). The 

characteristic size distributions of RBCs (N=332), granulocytes (N = 246), lymphocytes 

(N=268) and monocytes (N=219) acquired from the porcine eye studies are shown in 

Fig.19(b,c,f,g). 

 

Figure 19: Results of ex vivo porcine eye studies of each cell type. (a) 

Representative OCT volume of granulocytes suspended in the AC of a porcine eye; 

(b,c,f,g) Histogram plots of characteristic cell sizes extracted from the best Mie spectra 

fit with means and standard deviations; (d,e,h,i) Boxplot of the characteristic size 

distributions of all four types of cells in vitro and ex vivo, and the corresponding p-

values calculated using the Wilcoxon rank sum test.  
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The mean characteristic cell sizes of the ex vivo porcine eye studies were very 

similar to the sizes observed in the in vitro studies for all four types of cells (RBC: 2.0 & 

5.4 µm vs. 2.1 & 5.6 µm, granulocyte: 4.1 µm vs. 4.1 µm, lymphocyte: 5.7 µm vs. 5.7 µm, 

and monocyte: 6.9 µm vs. 6.8 µm). No statistically significant difference in the size 

distributions of all four types of cells between the in vitro and the ex vivo porcine eyes 

was found (Fig.19(d,e,h,i)) using the Wilcoxon rank sum test (RBC: p = 0.46, granulocyte: 

p = 0.76, lymphocyte: p = 0.58, and monocyte: p = 0.54). 

3.4.4 Red Blood Cell Backscattering Spectrum  

The backscattering cross-section, with units of µm2 or dB µm2, indicates the 

scattering property of an object to reflect incident field energy back to the direction of 

incident field. The BOR-SIM theoretical backscattering spectra of a single RBC at four 

representative orientations with respect to incident light are shown in Fig. 20. 
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Figure 20: The backscattering spectra of an RBC with different incident angles 

of light at two orthogonal linear polarizations. (a) 𝟎°, perpendicular to the long axis of 

the RBC; (b) 𝟑𝟎°;  (c) 𝟔𝟎°;  (d) 𝟗𝟎°, parallel to the long axis of the RBC. (e) The total 

backscattering cross-sectional intensity across the entire spectrum as a function of 

incident angle from 0° to 90° with a step size of 𝟐. 𝟓°.  

 

As expected, the frequency of oscillation features in the theoretical spectrum 

increases as the incident angle of field with respect to the RBC increases. The oscillation 

frequency of the spectrum is related to the axial optical path length of the scatterer. For 
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an RBC, when the incident angle of field increases, the axial cross-section length 

increases from the short axis to the long axis, such that the spectrum has a higher 

oscillation frequency feature. The spectra at two orthogonal polarizations were 

completely overlapped when the incident angle of field was 0° (Fig. 20(a)), since the RBC 

is circular symmetric in the plane of the long axis. At other incident angles, the 

differences between spectra for the two orthogonal polarizations were minimal (Fig. 

20(b)-(d)), and the different polarization spectra had minimal difference in frequency of 

oscillation features at each angle. Therefore, for simplicity we only used the theoretical 

spectra with horizontal polarization (𝜃) for the further analysis below. More 

importantly, the minimal spectra difference supports that the polarization state of 

incident light on the sample need not be precisely controlled. Furthermore, the total 

backscattering cross-sectional intensity of a scatter can be obtained by integrating the 

intensity at each wavelength, and should be directly correlated to the intensity of a 

scatterer within an OCT A-scan. For RBCs, we applied this concept and calculated the 

backscattering cross-sectional intensity across the entire spectrum at each incident angle 

(0° to 90°) and plotted intensity as a function of wavelength (Fig. 20(e)). The magnitude 

of the backscatter cross section clearly decreases with increasing incident field angle, as 

expected from the profile of the RBC cross section viewed as a function of obliquity.  
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Figure 21:  Simulation results of RBC backscattering spectra vs. Mie theory. (a) 

Normalized backscattering spectra and their best Mie fits at difference incident 

angles of light; (b) Characteristic sizes extracted from the best Mie fit as a function of 

incident angles of light (𝟎° − 𝟗𝟎° with a step size of 𝟐. 𝟓°); (c) Backscattering cross-

section as a function of characteristic size at all the incident angles (𝟎° − 𝟗𝟎° with a 

step size of 𝟐. 𝟓°)  

 

We compared the BoR-SIM theoretical backscattering spectra and our Mie theory 

library (which assumes spherical scatterers) to extract characteristic sizes from model 

RBCs as a function of the incident light angle. The best-fit Mie spectra and the 

corresponding sizes at representative incident angles of light are shown in Fig. 21(a). 

The extracted sizes from best-fit Mie spectra are shown in Fig. 21(b) as a function of 

incident angles from 0° to 90°. When the oscillation frequency of a backscattering 

spectrum increased, the characteristic size extracted from the best-fit Mie spectrum also 

increased. The characteristic size range of our RBC spectra model was 1.5 – 8 µm 

diameter, which corresponds well to our experiment results, 1- 7.8 µm diameter, shown 
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in Fig. 16. When the incident angle of light was within the range of 0° to 30°, the 

extracted characteristic sizes were between 1.5 and 3 µm, which includes the length of 

the short axis of the RBC model, 2.5 µm. When the incident angle of light was increased 

to more than 50°,the extracted characteristic sizes rapidly increased to between 6 and 8 

µm, which includes the length of the long axis of the RBC model of 7.8 µm. Thus, 

although the spherical model assumed by Mie theory is not an accurate morphological 

model for RBCs, the extracted size using Mie theory was found to correlate well to the 

axial cross-section length of the RBC at different orientations. These theoretical models, 

in general, agree with our observed experimental characteristic size distributions, which 

is a bimodal distribution with two means at approximately 2 µm and 5.4 µm diameter, 

shown in Fig. 16. However, for the theoretical model, the characteristic size averaged 

over all incident angles was 4.92 µm ± 1.93 µm and was larger than our experimental 

results of 3.35 µm ± 1.83 µm. 

We also plotted the backscattering cross-sectional intensity as a function of 

characteristic size in Fig. 21(c). As expected, when the RBC had a small characteristic 

size, indicating that the incident angle of light was small, it had a higher backscattering 

intensity due to a larger cross-sectional area perpendicular to the incident field.  

We compared this simulated result with our experimental results. The averaged 

peak intensity of individual RBCs in repeated OCT volumes was calculated, and the 

scatter plot of average intensities of individual RBCs (N = 133) vs. their characteristic 
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sizes is shown in Fig. 22(a). Representative spectra from two individual RBCs and their 

best-fit Mie spectra are shown in Fig. 22(b)-(c). We observed a similar, negative 

correlation between RBC backscattering intensity and its characteristic size: a RBC with 

a higher backscattering intensity tends to have a smaller characteristic size. This unique 

negative correlation may provide an additional dimension of data to differentiate RBCs 

from WBCs. For WBC nuclei, which are more spherical, the backscattering intensity is 

expected to increase as the size of the cell nucleus increases.  

Additionally, we noticed intensities of some individual RBCs were only slightly 

above the intensity threshold used to locate and track each cell. This threshold value was 

previously optimized to maximize the number of localized cells while not labeling noise 

within the OCT B-scan as individual cells. Thus, some cells with intensities below the 

threshold were likely excluded from the analysis, and those cells were more likely to 

have larger characteristic sizes, based on our simulation results, as seen in Fig.21(c). This 

may be the primary cause of the differences between the smaller mean characteristics 

size of our experimental results, 3.35 µm, and the larger mean characteristic size of our 

RBC theoretical model, 4.92 µm. Another potential source of error could be the geometry 

model and the inhomogeneous refractive index distribution of RBC.  
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Figure 22: (a) The intensity of individual RBCs in the OCT volume vs. their 

characteristic sizes. (b-c) Representative spectra from RBCs with small and large 

characteristic sizes. 

Overall, we demonstrated that although Mie theory is not an accurate model for 

calculating the physical size of RBCs due to their nonsphericity, the extracted size from 

Mie theory fit was highly correlated to the axial cross-section length of RBC at each 

incident angle of light, which explains why their characteristic size distribution extracted 

from Mie theory was sufficient to statistically differentiate populations of RBCs from 

WBCs. 

3.5 Discussion 

We have shown that spectroscopic OCT analysis of single blood cells can 

differentiate populations of RBCs and subtypes of WBCs, including granulocytes, 

lymphocytes and monocytes. The characteristic size distribution extracted from the Mie 

theory fit was found to be significantly different among these different types of blood 

cells. Previous studies have shown that the characteristic sizes extracted from WBCs 
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using Mie theory are likely to be their nuclear sizes for mononuclear leukocytes such as 

lymphocytes and monocytes, and sizes of the lobules of the nucleus for 

polymorphonuclear leukocytes such as neutrophils [109]. There was generally good 

agreement between our results and the nuclear sizes acquired from previous studies 

using conventional optical microscopy [120], differential interference contrast 

microscopy [109], and light-scattering spectroscopy [109]. For the granulocytes, mainly 

neutrophils, the reported mean characteristic size, 4.1 µm, was consistent with the 

nuclear lobe sizes reported from other studies, which ranged from 3.0 to 4.4 µm. For 

lymphocytes, the mean size of 5.7 µm was also within the range of previous reported 

values, which was from 4.5 µm to 6.4 µm. Three-dimensional refractive index maps of 

subtypes of WBCs were previously studied using refractive index tomography [110, 

111]. However, no quantitative information regarding the nucleus sizes were reported 

directly in these studies. Moreover, a Mie theory approach here assumes nuclei or nuclei 

lobes that are spherical, of a uniform refractive index, and that the backscattering signal 

is dominated by the scattering from the nuclei, all of which oversimplifies the complex 

morphology of cells. For instance, monocytes tend to have a kidney-bean shaped 

nucleus while the nuclei of neutrophils have lobes which may not be appropriately 

modeled as spherical [121]. Additionally, the refractive index we used for our Mie 

theory library was measured using refractive index tomography at 532nm and 633nm, as 

there have been no studies at 1000-1100nm wavelength range.  However, as 



 

70 

demonstrated in this paper, Mie theory is a sufficient model to statistically differentiate 

populations of subtypes of WBCs.  

In this work, we have developed an algorithm to track single cells in repeated B-

scans or volumes. Our scanning protocols were selected based on the moving patterns of 

in vitro and ex vivo cell samples, which were heavily affected by the gravity. For future in 

vivo studies, these protocols will likely need be adjusted, because cells in the AC are 

known to follow a circulating flow pattern due to the natural temperature gradient [102], 

and living human eye motion artifacts will need to be mitigated. Multiple techniques 

could be utilized to reduce significant artifacts due to motion during in vivo imaging. 

First, a swept source with a much faster A-scan rate can be used to reduce the 

acquisition time.  For example, with a 1MHz swept source, one acquisition of our 

repeated B-scan mode (500 A-scans/B-scan, 50 B-scans) would take only 40ms. Another 

approach could be to use repeated B-scans or volumetric scans with a smaller FOV but a 

higher effective frame rate. Although fewer cells would be localized in a single 

acquisition, our cell tracking algorithm would be less likely to be affected in a shorter 

acquisition time. Multiple measurements could be performed at different locations of the 

AC to achieve a similar total number of cell measurements. Other real-time eye tracking 

and motion compensation techniques may also be considered, such as pupil tracking 

using a 2D fast steering mirror [122] and SLO-based eye tracking [123]. 
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Our porcine eye studies demonstrated that OCT signal attenuation in even 

deceased corneas did not compromise our spectroscopic analysis methodology. Given 

that porcine corneas are thicker than human corneas, and that ex vivo corneas lack the 

cellular processes which actively maintain corneal clarity in vivo, we believe the porcine 

corneas were a fair test of robustness with regard to SNR. Finally, we note that as 

described in the method section 2.1, our illumination power on the sample in both in 

vitro and ex vivo studies was 2.2mW, which is well below the optical power safety limit 

of the newer ANSI standard (Light Hazard Protection for Ophthalmic Instruments - 

ANSI Z80.36-2016). 

The lateral resolution of our system was 20 μm, so that the system had a large 

enough depth of focus to localize individual cells across the whole AC depth. This 

resolution is similar to the lateral resolution of conventional, clinical anterior segment 

OCT systems, which indicate that this proposed spectroscopic technique could 

potentially be applied directly to widespread clinical OCT systems. However, a higher 

resolution system may be considered for future in vivo imaging to improve the 

backscattering signal from the cell, but with a tradeoff of the depth of focus. Finding the 

optimal balance between depth of focus and lateral resolution for our technology is 

important for our future in vivo studies. 

In both in vitro and ex vivo experiments, the cell samples were diluted to a 

concentration of ~150 cells/mm3 and minimal cell aggregations were observed. For 
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patients with inflammatory cellular response in the AC, such as anterior uveitis patients, 

the number of cells is assessed by the examiner in a slit-lamp microscope evaluation and 

assigned an integer score from 0 (no cells seen) to 4+ (many cells). The highest clinical 

grade of 4+ corresponds to ≥50 cells in a lateral FOV of 1 mm *1mm [124]. Given that the 

average human anterior chamber depth is approximately 3mm [125], the cell 

concentration of a uveitis patient with a slit-lamp grade of 4+ is thus ≥17 cells/mm3, 

which is much smaller than the concentration we used in our in vitro and ex vivo studies. 

Moreover, prior studies from Rose-Nussbaumer et al. also showed that the average in 

vivo cell axial size from uveitis subjects were only slightly larger than in vitro cell size 

measurements from OCT images (in vivo 6.7–6.8 versus in vitro 6.3 μm), which also 

suggests that aggregated cells are not common in in vivo imaging [100]. 

The methodology demonstrated here could be applied to investigate cell 

compositions in the vitreous body in several diseases, such as posterior uveitis, using a 

retinal OCT scanner. Without any required hardware modifications, this proposed 

spectroscopic technique could potentially be applied as a software upgrade to 

widespread clinical OCT systems, and combined with other cell information that may 

further facilitate cell differentiation, such as flow speed, intensity and spatial 

distribution of cells. Machine learning based approaches could also be implemented to 

improve the classification.   
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3.6 Summary 

In this work, we developed a spectroscopic OCT analysis method to differentiate 

between RBCs and subtypes of WBCs, including granulocytes, lymphocytes and 

monocytes. We located and tracked individual blood cells in repeated OCT B-scans or 

volumes, and extracted their corresponding backscatter spectra using spectroscopic 

OCT. We then correlated the spectrum of each cell to its characteristic size by fitting with 

a Mie theory database. Together, our in vitro studies indicated that the extracted size 

distributions based on the best Mie spectra fit were significantly different between each 

cell type. To confirm these observations, our pilot ex vivo studies with blood cells 

injected into porcine eyes suggested that spectroscopic OCT can potentially differentiate 

blood cells in AC in vivo. We further studied the backscattering spectrum of RBC at 

different incident directions of light. We showed that, although Mie theory is not an 

accurate model for RBCs, the extracted size from Mie theory was highly correlated to the 

axial cross-section length of RBC at different orientations, sufficient to differentiate RBCs 

from WBCs. The above described work can potentially provide quantitative diagnostic 

information of cellular responses in the ocular anterior chambers of patients in the clinic 

and expand the field’s pathophysiologic knowledge about diseases such as anterior 

uveitis. 
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4 In Vivo Quantitative Analysis of Anterior Chamber 
Blood Cell Mixture Composition Using Spectroscopic 
OCT 

4.1 Abstract 

Anterior uveitis is the most common form of intraocular inflammation, and one 

of its main signs is the presence of white blood cells (WBCs) in the anterior chamber 

(AC). Clinically, the true composition of cells can currently only be obtained using AC 

paracentesis, an invasive procedure to obtain AC fluid requiring needle insertion into 

the AC. We previously developed a spectroscopic optical coherence tomography (SOCT) 

analysis method to differentiate between populations of RBCs and subtypes of WBCs, 

including granulocytes, lymphocytes and monocytes, both in vitro and in ACs of excised 

porcine eyes. We have shown that different types of WBCs have distinct characteristic 

size distributions, extracted from the backscattered reflectance spectrum of individual 

cells using Mie theory. Here, we further develop our method to estimate the 

composition of blood cell mixtures, both in vitro and in vivo. To do so, we estimate the 

size distribution of unknown cell mixtures by fitting the distribution observed using 

SOCT with a weighted combination of reference size distributions of each WBC type 

calculated using kernel density estimation. We first validated the accuracy of our 

estimation in an in vitro study, by comparing our results for a given WBC sample 

mixture with the cellular concentrations measured by hemocytometer and SOCT images 

before mixing. We then conducted a small in vivo pilot study which demonstrates 
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congruence between our method and AC paracentesis in two uveitis subjects. The SOCT 

based method appears promising to provide quantitative diagnostic information of 

cellular responses in the ACs of patients with uveitis. 

4.2 Introduction 

Anterior uveitis, inflammation of the iris and the ciliary body, is the most 

common form of intraocular inflammation [126],  with an estimated 14–17 uveitis cases 

per 100,000 persons confirmed each year in the USA [126]. In some cases, uveitis can 

lead to serious complications such as cataract, glaucoma and cystoid macular edema 

[127], which accounts for 10% of legal blindness in the USA [128]. Despite its importance 

as a vision threatening disease, the causes of many anterior uveitis cases are unknown 

[129]. One of the main signs of anterior uveitis is the presence of white blood cells 

(WBCs) in the anterior chamber (AC). The clinical standard evaluation is grading of 

these cells by uveitis specialists on a scale of 0 to 4+ using slit-lamp microscope, defined 

by Standardization of Uveitis Nomenclature (SUN) [130]. One limitation of the slit-lamp 

evaluation is that subjective qualitative assessment of the condition makes it difficult to 

judge the longitudinal course of the cellular response. Another major limitation is lack of 

differentiation between subtypes of WBCs, such as granulocytes, lymphocytes and 

monocytes. Many human and animal studies have shown that different etiologies of 

uveitis have different cell composition patterns. For instance, predominantly 

granulocytic responses may suggest acute and autoimmune inflammations such as 
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HLA-B27-asscoiated acute uveitis [85, 86] , while a predominant response of 

mononuclear WBCs, mainly lymphocytes and monocytes, may suggest sarcoidosis [87], 

Vogt–Koyanagi–Harada [88], or melanin-protein-induced uveitis [89] as examples. 

Therefore, the composition of AC cells can potentially provide additional diagnostic 

information regarding the underlying cause of uveitis and hence guide management. 

Clinically, this information regarding the true composition of cells can currently only be 

obtained using AC paracentesis which requires invasive needle insertion into the 

anterior chamber to withdraw fluid with potential complications [91, 131]. 

Optical coherence tomography (OCT) allows noninvasive, high-resolution cross-

sectional imaging of the AC [92], and can be a useful adjunct to provide quantitative 

diagnostic information regarding cellular responses associated with uveitis. Several 

groups have previously developed technologies to localize and count cells appearing in 

the anterior segment OCT (AS-OCT) images in human or animal models [93-97]. 

However, none of these technologies were able to provide quantitative information 

regarding the composition of cellular mixtures. Although different types of WBCs have 

distinct cell sizes or nucleus shapes and sizes, the differences cannot be distinguished 

directly with contemporary clinical AS-OCT systems because the axial resolution of 

these systems, typically 5-10μm, is comparable to the size of WBCs. Therefore, 

individual blood cells appear as indistinguishable hyper-reflective spots in conventional 

AS-OCT images [100]. Rose-Nussbaumer et al. have previously demonstrated the 
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possibility to differentiate subtypes of WBCs using the reflectance intensity in OCT 

images [100]. However, the cell reflectance in the OCT images can possibly be affected 

by many external factors, such as illumination laser power, optical alignment, and 

cornea opacities.  

To address this shortcoming, in chapter 3, we reported a spectroscopic OCT 

(SOCT) analysis approach to differentiate subtypes of WBCs, including granulocytes, 

lymphocytes and monocytes, both in vitro and within ex vivo porcine eyes [132]. Our 

approach involved tracking and extracting the backscatter spectrum of isolated single 

blood cells in repeated OCT B-scans or volumes and correlating the spectral features of 

single cells to their characteristic sizes using Mie theory fitting. We demonstrated that all 

three subtypes of WBCs had statistically distinct size distributions. In this work, we 

further develop this method to estimate the composition of unknown AC cellular 

mixtures. We have validated the accuracy of our method in both in vitro experiments 

and a preliminary in vivo clinical pilot study.  

4.3 Methods 

4.3.1 In Vitro Cell Mixture Study 

OCT system design  

In vitro imaging was performed utilizing a custom 100-kHz swept-source OCT 

(SSOCT) system, centered at 1052 nm with a bandwidth of 108 nm (Axsun Technologies; 

Billerca, MA) with custom imaging optics and OCT engine, as detailed in chapter 3.3.1. 
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The system had measured axial and lateral resolutions of ~8.8 μm and ~20 μm 

respectively, and a maximum axial imaging range of 7.4 mm. The measured sensitivity 

and -6-dB fall off of the system was 103 dB and 4.39 mm with 2.2-mW illumination 

power on the sample.  

In Vitro Cell Mixture Preparation 

Cryopreserved granulocytes and lymphocytes from healthy donors (ZenBio Inc.; 

Research Triangle Park, NC) were obtained; these types were chosen as they are the two 

predominant WBC types. The detailed procedure we used to obtain a cell suspension in 

a glass cuvette for in vitro imaging was detailed in chapter 3.3.2 . To summarize, 

cryopreserved WBC samples were rapidly thawed in 37oC water bath and re-suspended 

in PBS solutions containing 0.1% bovine serum albumin after the cryoprotectant was 

removed.  

We then created a sample mixture of WBCs consisting of granulocytes and 

lymphocytes. Before mixing the two cell-type samples, two independent approaches 

were used to determine the true concentrations of the samples. The concentration of 

each sample was first determined by adding 25μL of cell suspension between cover 

glass and a hemocytometer (Thermo Fisher Scientific; Waltham, MA), and counting the 

total number of cells using a 10x microscope objective. As a second, complementary 

method, OCT was used to separately determine the concentration of each granulocyte or 

lymphocyte sample. Single B-scans with 500 A-scans/B-scan and the same field of view 
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(FOV) of 2 mm were acquired at 20 different locations for each sample, and the 

previously developed cell localization algorithm [132] was applied to count the total 

number of cells in each scanned dataset. Known volumes of the two component cell 

samples were then well mixed, and the cell mixture was placed in a glass cuvette for 

SOCT imaging.  

Data Acquisition 

Due to the weak backscattering signal from single blood cells, repeated 

measurements from the same cell were required in order to obtain the spectrum of an 

individual cell with sufficient SNR for signal processing. We previously developed 

single cell localization and tracking algorithms for both repeated B-scan and volumetric 

OCT imaging [132]. In this study, only the repeated B-scan mode was used given the 

shortened time constraints that would be required for later in vivo/clinical imaging 

experiments. We placed the sample on a manual translation stage (Thorlabs,inc; 

Newton, NJ) aligned with the sample such that the dominant cell movement was in the 

same direction as the fast scanning axis, and 200 repeated B-scans with 500 A-scans/B-

scan and a field-of-view (FOV) of 2 mm were acquired at 6 different locations of the cell 

mixture.  

Single Cell Tracking and Spectroscopic Analysis 

The methods to track and extract the backscattering spectrum of isolated single 

blood cells and correlate the spectral features of single cells to their characteristic sizes 
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were detailed in chapter 3.3.4 and 3.3.5. To summarize, we located individual cells in 

consecutive B-scans by intensity thresholding and labeling connected components. We 

used the A-scan at the center of every labelled cell for the following spectroscopic 

analysis. Between any two adjacent B-scans, if a cell located in the second B-scan was 

within a small region around a cell in the previous B-scan, these two cell images were 

recorded as arising from the same cell. When the peak cell intensity fell below a defined 

threshold value, the cell was recorded as having exited the B-scan. Due to the low 

backscattering signal from single cells, only cells staying in same FOV for at least 15 

repeated B-scans were used for the following spectroscopic analysis. We extracted the 

backscatter spectrum of each cell from its center A-scan using the short-time Fourier 

transform (STFT). The STFT here used a Hamming window with a spectral bandwidth 

of 23.7 cm-1, corresponding to an axial resolution of ~340 µm for each window, and the 

window was shifted across the acquired interferogram a total of 100 times with a step 

size of 9.2 cm-1. We then normalized the STFT backscatter spectrum by dividing by the 

known laser power spectrum. After that, we obtained the background spectrum of each 

cell from the adjacent A-scans without cells at the same depth and performed noise 

subtraction. Finally, we used Mie theory to correlate the backscatter spectra of single 

cells to their characteristic sizes (which are likely the size of the nucleus [109]).    
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Estimation of Cell Mixture Composition  

We have previously shown that all three subtypes of WBCs, granulocytes, 

lymphocytes and monocytes, have distinct characteristic size distributions in chapter 

3.4.2. In this study, we further verified our results on more cell samples from different 

cryopreserved healthy donor cells and used size distributions acquired from these 

samples as the reference size distributions for each subtype of WBCs (Fig. 2). We 

calculated the probability density functions (PDFs) of size distributions using kernel 

density estimation with a Gaussian kernel function, and estimated the cell composition 

by minimizing the mean square error (MSE) between the PDF of our mixture sample 

(PDFmix) and a weighted combination of the two component reference PDFs, PDFgran and 

PDFlympho, 

𝑀𝑆𝐸 =
1

𝑠𝑚𝑎𝑥 − 𝑠𝑚𝑖𝑛⁡⁡⁡
∫ (PDF𝑚𝑖𝑥(s) − (P𝑔𝑟𝑎𝑛 ∗ 𝑃𝐷𝐹𝑔𝑟𝑎𝑛(s) + 𝑃𝑙𝑦𝑚𝑝ℎ𝑜

𝑠𝑚𝑎𝑥

𝑠𝑚𝑖𝑛⁡

∗ 𝑃𝐷𝐹𝑙𝑦𝑚𝑝ℎ𝑜(s)))
2
𝑑𝑠⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡(8) 

                                         

where s is the characteristic size, 𝑠𝑚𝑖𝑛 and 𝑠𝑚𝑎𝑥are the minimum and maximum 

characteristic sizes in the distribution,  Pgran and Plympho are the concentration percentages 

of granulocytes and lymphocytes in the cell mixture, and Pgran + Plympho =100%.  

4.3.2 In Vivo Pilot Study of Uveitis Patients  

OCT System for In Vivo Pilot Study 

To facilitate in vivo imaging, a custom high-speed SSOCT system was built for 

the in vivo pilot study (Fig. 23) at the Duke Eye Center. The system employed a 200-kHz 
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swept-wavelength laser (Axsun Technologies; Billerca, MA), centered at 1050 nm with a 

sweep range of 100 nm. The OCT system utilized a transmissive Mach-Zehnder 

interferometer topology and the interferometric signal was detected by a balanced 

photoreceiver (Insight Photonic Solutions, Inc.; Lafayette, CO) with 400-MHz electronic 

bandwidth and digitized at 800 MS/s (AlazarTech Inc.; Pointe-Claire, QC, Canada). The 

axial imaging range of the system was 7.4 mm in air.  The lateral resolution of the system 

was designed for 12.8 µm FWHM and 840 µm depth of focus in air. To image 

throughout the anterior chamber, the system incorporates a focusing module in the 

sample arm (Fig. 1) to allow for the adjustment of the focal plane axially. The module 

consisted of two achromatic lenses configured in a 1:1 4F telescope configuration where 

the first lens was located on a motorized translation stage (National Aperture, Inc.; 

Salem, NH). The functionality of this module is detailed in the following section. 
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Figure 23: Schematic diagram of the custom 200kHz SS-OCT system for in vivo 

study with a dynamic focusing module to adjust the focal plane axially BPR: balanced 

photoreceiver.  

In Vivo Imaging  

This pilot study was approved by the Duke University Medical Center 

Institutional Review Board, and adhered to the Health Insurance Portability and 

Accountability Act and all tenets of the Declaration of Helsinki. Patients with clinically 

active anterior uveitis of at least 2+ on slit lamp microscopy performed by a uveitis 

specialist on the day of imaging were enrolled after obtaining written informed consent. 

The optical power incident on the cornea at 1050 nm was measured at or below 4.1 mW 

before each imaging session, which is under the maximum permissible exposure 

determined by American National Standards Institute (ANSI) safety standards (ANSI 

Z80.36-2016).  
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The primary difference between all the prior in vitro/ex vivo experiments and the 

in vivo imaging was the effect of patient motion during each measurement, as our 

approach requires multiple OCT B-scans or volumes to obtain the averaged cell 

spectrum with sufficient SNR for spectroscopic analysis. Therefore, it was important to 

adjust the imaging scan parameters for in vivo imaging at the beginning of the study, 

with the goal of keeping each single cell within the FOV in consecutive scans while at 

the same time maximizing the FOV to capture more cells, so that the total imaging time 

is optimized A total of 7 uveitis patients were imaged during this optimization stage.  

We quickly identified that our prior scan protocol based on repeated volumes 

with the utilized acquisition rate was not ideal for in vivo imaging at this point, as >10 

repeated OCT volumes combined with a reasonable number of A-scans/B-scan and B-

scans/volume requires at least several seconds of imaging, and motion artifacts 

significantly compromised the cell tracking algorithm. Through imaging initial subjects, 

we also noticed that cells were not uniformly distributed in each subject’s AC, so it was 

important to identify the regions with more cell appearances at the beginning of the 

imaging session. Therefore, we designed the following imaging protocol for our study.  

Each imaging session started with wide-field volumetric imaging to cover the 

FOV of nearly the whole AC to study the blood cell distribution in the AC. Once the 

regions with dense distributions of cells were identified on the real-time OCT volumetric 

images, we translated the slit-lamp base and the focusing module in the sample arm to 
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adjust the axial focal plane and lateral position of imaging to these regions. Then, a 

scanning protocol of 800 A-scans/B-scan, 15 repeated B-scans at 10 different positions 

along the slow scanning axis (150 B-scans in total), and a FOV of 2 mm by 1 mm, was 

used. For each subject, we repeated this protocol for 4-5 times to ensure that enough 

cells were available for measurement.  

After imaging parameter optimization, two uveitis subjects were enrolled and 

imaged in the pilot study. The true compositions of the AC cells were obtained from 

paracentesis of the subject’s AC fluid (the following section “AC fluid cell analysis”) and 

compared to our estimation results.  

In Vivo Data Processing  

The methods to track and extract the spectrum of single cells was similar to the in 

vitro study above and the previous paper [132], except the minimum number of B-scans 

(averages) for analysis was reduced from 15 to 6 to ensure that cells stayed within the 

FOV. Similar to the method in 2.1.5, the spectroscopic OCT based cell composition of 

each clinical subject was estimated by minimizing the MSE between the PDF of our in 

vivo size distribution (PDFsub) and a weighted combination of all three component 

reference PDFs, PDFgran(granulocyte), PDFlympho(lymphocyte) and PDFmono(monocyte).  

𝑀𝑆𝐸 =
1

𝑠𝑚𝑎𝑥−𝑠𝑚𝑖𝑛⁡⁡⁡
∫ (PDF𝑚𝑖𝑥(s) − (P𝑔𝑟𝑎𝑛 ∗ 𝑃𝐷𝐹𝑔𝑟𝑎𝑛(s) + 𝑃𝑙𝑦𝑚𝑝ℎ𝑜 ∗ 𝑃𝐷𝐹𝑙𝑦𝑚𝑝ℎ𝑜(s) + +𝑃𝑚𝑜𝑛𝑜 ∗
𝑠𝑚𝑎𝑥

𝑠𝑚𝑖𝑛⁡

𝑃𝐷𝐹𝑚𝑜𝑛𝑜(s)))
2
𝑑𝑠                                                                                    (9) 

where s is the characteristic size, 𝑠𝑚𝑖𝑛 and 𝑠𝑚𝑎𝑥are the minimum and maximum 

characteristic sizes in the distribution, Pgran, Plympho and Pmono are the concentration 
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percentages of granulocytes and lymphocytes in the cell mixture, and Pgran + Plympho + 

Pmono =100%.  Here, Plympho+Pmono also corresponds to the concentration percentage of 

mononuclear WBCs. We then compared the estimation results PDFgran and PDFlympho 

with two reference methods using one-sample t-test.  

AC Fluid Cell Analysis   

The AC fluid of the first enrolled human subject was sent to a clinical pathology 

lab and stained using a modified Papanicolaou stain. The slide was then read by a 

clinical research scientist, and the number of granulocytes, lymphocytes and monocytes 

were counted based on the nucleus shape and size of the cell.  

The AC fluid of the second subject was sent to a research lab, where the sample 

was simultaneously immunostained for CD45, CD11b, CD11c, CD3, CD4, CD14, CD15, 

CD16, HLA-DR, and Live/Dead. Data were acquired on a BD Fortessa SORP and 

analyzed to enumerate live lymphocytes, monocytes and granulocytes using FlowJo 

software (TreeStar Inc., Ashland, OR). 

4.4 Results 

4.4.1 Reference Size Distributions of Subtypes of WBCs  

In chapter 3, we demonstrated that granulocytes, lymphocytes and monocytes 

have distinct characteristic size distributions. Here we imaged additional cell samples 

from different cryopreserved healthy donor cells to further validate our observations, 

and we used size distributions acquired from these cells as the reference size 
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distributions for each subtype of WBCs. Histogram plots of characteristic sizes obtained 

from approximately two thousand cells of each cell type are shown in Fig. 24, along with 

their means and standard deviations. The means and standard deviations here are 

similar to our previously reported values (granulocyte: 4.1 μm vs. 4.1 μm; lymphocyte: 

5.7 μm vs. 5.7 μm; monocyte: 6.8 μm vs. 6.7 μm). These three reference size distributions 

were used to estimate the mixture cell composition in the following sections. 

 

Figure 24 : Histogram plots of characteristic cell sizes of (a)granulocyte 

(b)lymphocyte and (c)monocyte extracted from the best Mie spectra fit. 

4.4.2 In Vitro Cell Mixture Results 

Repeated B-scans were taken at 6 different locations for the cell mixture sample. 

Individual cells were localized and tracked, and the corresponding characteristic size of 

each tracked cell based on the best Mie spectra fit were extracted from the averaged 

spectrum. A representative B-scan of the cell mixture sample with color-coded 

characteristic sizes of each individual cells is shown in Fig. 25(a). Cells without color 

coding correspond to cells that did not remain in the FOV for at least 15 repeated B-

scans. The histogram plot of characteristic sizes of all the tracked cells (N=253) at this 

location is shown in Fig. 25(b), along with their mean and standard deviation.  The 
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extracted backscattering spectrum, best-fit Mie spectrum, and extracted characteristic 

sizes of two individual cells in the representative B-scan are shown in Fig. 25(c-d). The 

composition of the cell mixture at this FOV was found to be 62.0% lymphocytes and 

38.0% granulocytes by fitting the characteristic size PDF with a weighted combination of 

two reference PDFs (Fig. 25(e)). The cell composition estimation results at all 6 locations 

using our spectroscopic OCT method are shown in Table 4, and the averaged 

lymphocyte and granulocyte proportions across all 6 locations were found to be 61.5% 

and 39.5%, with a standard deviation of 2.1%. We then compared the estimation results 

with the results obtained from the component sample counts using the hemocytometer 

and OCT prior to mixing. Overall, the estimated results using our spectroscopic OCT 

method agreed with the results from the two reference methods, with percentage 

deviations of only 0.8% (OCT reference: 60.7% lymphocyte and 39.3% granulocyte) and 

0.6% (hemocytometer: 62.1% lymphocyte and 37.9% granulocyte). One-sample t-tests 

were performed between our estimation results and the two reference method results, 

and no statistically significant difference was found between the estimation results of 

our spectroscopic OCT method and the two reference methods (p=0.35 for OCT 

reference and p=0.48 for hemocytometer). Moreover, the measured cell composition 

from OCT images before mixing agreed with the results from the hemocytometer counts 

with a deviation of only 1.4%, indicating that our single cell localization algorithm was 

capable of locating and tracking most of the cells.  
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Figure 25: Results of an in vitro mixture cell study. (a) Overlay of characteristic 

sizes of individual cells with an OCT B-scan image of a cell mixture sample; (b) 

Histogram plot of characteristic cell sizes extracted from the best Mie spectra fit with 

mean and standard deviation; (c-d) Representative spectra of two single cells and 

their best Mie spectra fit; (e) the best fit (black) of characteristic size PDF of this 

mixture sample (green) with a weighted combination of reference size PDFs of 

granulocytes (red) and lymphocytes (blue).  

 

 

 

Table 4: Comparison of the results of cell composition in the in vitro study  

Method 

Locations 

(# of cells) 

Lymphocyte % 

(Plympho) 

Granulocyte % 

(Pgran) 
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Spectroscopic OCT 

1 (N=253) 62.0 38.0 

2 (N=219) 57.3 42.7 

3 (N=226) 63.2 36.8 

4 (N=245) 60.9 39.1 

5 (N=211) 61.7 38.3 

6 (N=228) 63.9 36.1 

Mean 61.5 39.5 

Reference intensity counts by OCT before mixing 

(20X averaged) 

60.7 39.3 

Reference hemocytometer count before mixing 

(3X averaged) 

62.1 37.9 

 

4.4.3 In Vivo Pilot Study Results 

For the first enrolled subject, a representative OCT B-scan with individual cells 

localized is shown in Fig. 26(a) and (b). We applied our spectroscopic analysis method to 

extract the spectrum and calculate the characteristic size of individual cells. 

Representative spectra of two localized cells and their best Mie spectra fits are shown in 

Fig. 26 (c) and (d). A total of 224 cells were successfully tracked and measured in this 

subject, and the histogram plot of characteristic cell sizes with mean and standard 
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deviation is shown in Fig. 26 (e). We then estimated the cell composition by minimizing 

the MSE between the measured PDF of the size distribution and a weighted combination 

of three reference PDFs (granulocytes, lymphocytes and monocytes) (Fig. 26(f)). For this 

subject, we estimated the cell composition to be 60.3% granulocytes and 39.2% 

mononuclear WBCs (lymphocytes: 34.3%; monocytes: 4.9%), a granulocyte vs. 

mononuclear WBC ratio of 1.54:1.  This ratio was confirmed by the AC fluid analysis 

result (granulocyte vs. mononuclear WBCs =1.5:1 - 2:1). 

 

Figure 26: Results of cell composition analysis of the uveitis patient #1 in the 

in vivo pilot study. (a) A representative OCT B-scan of anterior chamber, and (b) a 

zoomed-in view with individual blood cells localized; (c-d) Two representative single 

cell spectra with their best Mie spectra fit. (e) Histogram plot of characteristic cell 

sizes extracted from the best Mie spectra fit with means and standard deviations. (f) 

Best fit (black) of measured characteristic size PDF with a weighted combination of 

reference size PDFs of granulocytes (red), lymphocytes (blue) and monocytes (cyan).   
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For the second enrolled uveitis subject, a total of 468 cells were successfully 

tracked and measured in this subject, and the histogram plot of characteristic cell sizes 

with mean and standard deviation is shown in Fig.27 (c). Similarly, we estimated the cell 

composition by fitting the measured size distribution with a weighted combination of 

three reference PDFs (Fig.27 d)). The cell composition was estimated to be 14.5% 

granulocytes and 85.5% mononuclear WBCs (lymphocytes: 19.8%; monocytes: 63.7%), 

while the AC paracentesis has the following results: Monocytes: 67%, lymphocytes: 22%, 

granulocytes: 1% and unclassified lymphoid population or unidentified cells: 10%. 

Although our estimated composition granulocyte is higher than the true composition 

(14.5% vs. 1%), the estimated compositions of lymphocytes and monocytes are very 

close to the true compositions (63.7% vs. 67% and 19.8% vs.22%) with an error of only 

3.3% and 2.2%.  
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Figure 27: Results of cell composition analysis of the uveitis patient #2 in the 

in vivo pilot study. (a) A representative OCT B-scan of anterior chamber; (b) A 

representative single cell spectrum with their best Mie spectra fit; (c) Histogram plot 

of characteristic cell sizes extracted from the best Mie spectra fit with means and 

standard deviations. (b) Best fit (black) of measured characteristic size PDF with a 

weighted combination of reference size PDFs of granulocytes (red), lymphocytes 

(blue) and monocytes (cyan).   

 

We have also successfully estimated the cell composition in 4 of 7 imaged 

subjects in the initial optimization stage. Too few cells were localized or successfully 

tracked in other 3 subjects mainly due to the motion artifacts during the OCT acquisition 

or the FOV was not large enough. Although the true cell compositions were not 

obtained from these subjects, as no AC paracentesis was performed, the estimation 

results using our spectroscopic methods were obtained. 
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4.5 Discussion 

We have previously shown that all three subtypes of WBCs, granulocytes, 

lymphocytes and monocytes, have distinct characteristic size distributions. The size 

distribution of each type of cell was found to overlap with the size distributions of other 

types of cells, which means it is challenging to differentiate cell type at the single-cell 

level. However, as demonstrated in this study, we still can estimate the true composition 

of a cell mixture sample, by fitting the measured size distribution to a linear combination 

of reference size distributions of cells.  

A major limitation of our technology for in vivo human imaging are artifacts 

caused by patient motion. In the in vitro mixture cell studies, our cell tracking algorithm 

was able to localize and track the majority of cells in the FOV, as individual cells have 

only one dominant direction of motion (direction of gravity) and we aligned the 

system’s B-scan direction accordingly to mitigate this motion effect. However, 

significant eye motion artifacts were present in in vivo imaging and compromise the 

performance of our tracking algorithm. The eye motion effects were more obvious when 

multiple repeated volumes with a large FOV were taken, which had an acquisition time 

of longer than several seconds. To reduce the effect of motion artifacts, only repeated B-

scan mode with a small FOV (~2 mm) was used in our pilot study. However, shortening 

the imaging by way of a small FOV limited number of cells can be tracked and analyzed 

from each acquisition. The total number of tracked cells determines the estimation 
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accuracy of our cell composition, as a larger number of tracked cells lead to a more 

accurate representation of the characteristic size distribution of the cell population. In 

our pilot study, only uveitis patients with a slit-lamp grading of >2+ were enrolled, and 

multiple acquisitions of repeated B-scans at different locations of the anterior chamber 

were performed in order to acquire a large enough number of tracked cells.  

Multiple approaches can potentially improve the number of tracked cells in each 

measurement. First, as we have started to explore in our in vivo pilot study, optimized 

OCT imaging parameters (e.g. #of A-scans/B-scan, # of repeated B-scans, FOV) can 

minimize the motion effects between repeated B-scans and maximize the number of 

tracked cells in a single measurement. More quantitative studies need to be performed 

to find the optimal imaging protocol for in vivo imaging. Secondly, real-time eye 

tracking and motion compensation techniques can also significantly reduce the motion 

effects, such as pupil tracking [122], a robotically-aligned OCT scanner [133] or SLO-

based eye tracking [123].  

Moreover, WBCs from healthy donors were used to build up the reference size 

distributions of subtypes of WBCs in the in vitro studies. However, activated 

lymphocytes caused by the inflammatory responses such as anterior uveitis may 

increase in size [134], and the reference size distributions of lymphocytes obtained from 

the in vitro studies may not be a very accurate representation of lymphocytes appearing 

in the AC, which may lead to the error in cell composition estimation. The size 
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distribution of lymphocytes obtained from the AC paracentesis should be directly 

studied using our method and compared to the size distribution of lymphocytes 

obtained from the healthy donors.   

4.6 Summary 

We have previously shown that spectroscopic OCT analysis of single blood cells 

can differentiate subtypes of WBCs, including granulocytes, lymphocytes and 

monocytes. In this paper, we further developed our method to estimate the composition 

of AC blood cell mixture. The characteristic size distribution of the cell mixture sample 

was obtained by tracking and extracting the backscattering spectrum of single blood 

cells in the repeat OCT B-scans, and correlating the spectral features of single cells to 

their characteristic sizes using Mie theory.  The probability density function of the size 

distribution was calculated using kernel density estimation, and fit with a weighted 

combination of reference size distributions of each WBC type to estimate the 

composition. We validated the accuracy of our method in an in vitro study, by 

comparing our estimations with two reference methods, hemocytometer and OCT 

images before mixing. Finally, we conducted an in vivo pilot study and demonstrated 

that our method can provide quantitative information of AC blood cell composition. The 

estimation results using our method in general agree with the results from AC 

paracentesis if available. The above described work can potentially enable noninvasive 

quantitative diagnosis of cellular responses in the uveitis patients in the clinic. 
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5 Time-frequency Multiplexed High-speed 3D Imaging 

5.1 Abstract 

The depth camera or 3D sensor market is growing rapidly in the past several 

years due to the demands in industries such as digital photography, virtual reality, self-

driving car and 3D printing. There are three major types of depth sensing technologies: 

structured-light, stereo vision and time-of-flight. On the other hand, OCT is a 3D optical 

imaging modality that has micron-level axial resolution, which can potentially be a 

major player in the 3D imaging industry. However, current OCT technologies has two 

major limitations.  First, the 3D depth information (the entire volume) in OCT requires 

substantial resources both hardware (a combination of a fast swept-source laser and a 

high-end digitizer) and computation (GPU-accelerated computing), to acquire, process 

and display in real-time. However, video rate (>30 Hz) volumetric OCT imaging with 

sufficient large volume sizes still remains a challenge [62]. Secondly, conventional OCT 

system typically only has several millimeter imaging ranging, limited by the coherence 

length of the laser. Thus, we develop the following optical coherence imaging 

technology to meet the needs of high-speed 3D imaging with high accuracy (<1mm) and 

high axial imaging range (> tens of centimeters). We first demonstrate theoretically and 

using the simulation results that, if a sample has a dominant reflector (likely the surface 

reflector), only <1nm bandwidth is needed to localize the depth of a dominant surface 

reflector with <100μn accuracy. We develop the time-frequency multiplexed 3D imaging 
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system by replacing one scanning galvanometer mirror in a conventional OCT system 

with a diffraction grating to multiplex spatial positions as a function of wavelength, 

which essentially a single sweep of the swept source was distributed to different 

locations along one axis at the imaging plane. Therefore, by performing time-frequency 

analysis and peak localization, the depths of reflectors along the axis can be localized 

within the time of a single laser sweep. By scanning the other lateral axis using a 

scanning mirror, the system can achieve hundreds of Hzs volumetric imaging rate. We 

first demonstrate the performance of this system using a conventional 100kHz swept 

source with 100nm bandwidth. Then, we utilize an akinetic swept source with a much 

longer coherence to further improve the axial imaging range of the system to 16cm and 

achieve submillimeter axial resolution 3D imaging with >30Hz volume rate on various 

samples. Our technology can be used in a broad range of non-biomedical and 

biomedical applications.   

5.2 Introduction 

In the past several years, the imaging speed of OCT has been significantly 

improved due to the development of high-speed swept-source lasers and high-end 

digitizer. For example, Fourier domain mode locking laser enables OCT imaging 

acquisition with multi-MHz A-scan rates and an imaging range of ~6mm when 

combined with a 4 GS/s sampling rate digitizer [62]. To process and display these huge 

amounts of data in real-time, GPU or field-programmable gate array (FPGA) accelerated 
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computing are required. Although the sweep rate of the swept sources and the data 

transfer rate of current digitizers are pushed to the limit, video rate (>30 Hz) volumetric 

OCT imaging with sufficient large volume sizes remains a challenge [62]. On the other 

hand, in many applications of OCT, particularly applications requiring real-time high-

speed volumetric imaging, users mainly focus on the surface profile of OCT volumes. 

Therefore, most of cross-sectional depth information provided by OCT volumes is 

unused. For example, in microscope-integrated intraoperative OCT, surgeons used real-

time retinal or corneal surface imaging for surgical guidance [73]; in the display, 

semiconductor and automotive industries, users relied on OCT volumes to perform non-

destructive surface inspection [135]. This motivates the need for high-speed depth 

camera for high accuracy surface imaging. 

The depth camera or sensor market is growing rapidly in the past several years 

due to the demands in industries such as digital photography, virtual reality, 

augmented reality and 3D printing. There are three major types of depth sensing 

technologies: structured-light, stereo vision and time-of-flight. These technologies have 

disadvantages such as poor performance for low feature area, computationally intensive 

and self-interference [136-138]. More importantly, all these technologies can’t easily 

achieve submillimeter depth imaging accuracy. As a coherence based interferometric 

technology, the depth resolution of OCT is determined by the bandwidth and central 

wavelength of the source and is typically <10um. In this work, we built a time-frequency 
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multiplexed coherence-based system for high-speed high-accuracy 3D imaging. We 

replaced a galvo mirror in conventional OCT with a diffraction grating to perform 

spectrally encoded scanning in one dimension. A single sweep of the source was now 

distributed along one scanning axis instead of at one lateral position.  We then 

performed time-frequency analysis and peak localization to retrieve the depth 

information of reflectors along the axis. We demonstrate both theoretically and 

experimentally that if the sample has a dominant surface reflection, the system can 

achieve video-rate 3D imaging with an axial resolution of several hundreds of microns, 

which are superior to the conventional 3D depth cameras using technologies such as 

structured light and time-of-flight. We further improved the imaging range of the 

technology to tens of centimeters scale by using an akinetic swept laser with meter range 

coherence length and demonstrated the performance on multiple samples.  

5.3 Methods 

5.3.1 Theory 

In Fourier domain OCT, the Fourier transform of spectral interferogram detected 

by the spectrometer (spectral-domain OCT) or photodetector (swept-source OCT) results 

in depth-resolved reflectivity profile at the beam location (A-scan). The axial resolution 

of OCT is determined the coherence length of the light source, which can be calculated 

as: lc =
2⁡ln2

π

λ0
2

∆λ
, where λ0 and  ∆λ are respectively the central wavelength and the 

bandwidth of the source. Therefore, a larger bandwidth of the source yields a higher 
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axial resolution. For example, a 100nm bandwidth swept source at 1050nm will lead to 

an axial resolution of around 7-8 µm.  However, if the sample has a dominant reflector 

(typically the surface reflector), a much narrower bandwidth is needed to localize the 

reflector axially with the same level of accuracy. We first theoretically studied how 

much source bandwidth is required at minimum for certain axial localization accuracy. 

Assume a single reflector at the depth ∆z, the real-valued spectral interferogram can be 

expressed as, y = Acos(2k∆z + φ) + Gauss⁡(0, σ), where A and φ are respectively the 

amplitude and phase of the interference fringe,  k is the wavenumber and Gauss⁡(0, σ) is 

the gaussian noise with a standard deviation of σ. Then the marginal maximum a 

posteriori estimator of ∆z is the peak location of the Fourier transform, and the 

uncertainty or standard deviation of peak localization is 

           ⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡δz ≈ (1.6 × SNR ×
Δ𝑘

2𝜋
√N𝑠)

−1
, [139]                                                    (5) 

where Δk⁡is the bandwidth, N𝑠 is the number of sampling points, and SNR is 

defined as 
𝐴

√2𝜎
. The SNR can also be defined as √𝑛/2 (n is the total number of detected 

photons) if the system is shot noise limited. Assume a 0.5nm bandwidth at 1050nm with 

2mW of input power at sample, and 0.1% of the input power is backscattered and 

collected by the photodetector, with an integration time of 0.5ns (the sampling speed of 

our digitizer), we expect to have collected around 4027 photons, which correspond to a 

SNR of ~63.4. Assume we sampled 20 spectral points across the 0.5nm bandwidth, the 

uncertainty or standard deviation of peak localization  δz = 17.7µm. The calculation here 
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is a simplified model that assumes there is only one reflector at a given OCT A-scan. In a 

more realistic scenario, the sample with a dominant surface reflector still contains 

multiple weak reflectors under the surface reflector. To further understand the axial 

localization accuracy of our method, we also performed the following simulation 

experiments using the conventional OCT data.  

Our 100kHz swept source OCT system collected 2752 spectral points across the 

whole ~100nm bandwidth in a single sweep. Instead of using all 2752 spectral points to 

compute OCT images, we only used 20-100 spectral points, which corresponds to a 

bandwidth of 0.73- 3.63nm, and a theoretical OCT axial resolution of ~150-700 µm. we 

first zero-padded the subsampled spectral signal, and then estimated the depth by 

localizing the peak of the Fourier transform of the signal. To obtain the ground truth 

depth positions, we also processed the corresponding regular OCT A-scan using all 2752 

spectral points and localize the surface depth. We did the simulations studies on both a 

metal and an in vivo human skin dataset.  

5.3.2 Optical Design 

In a conventional OCT system, we acquired B-scans and volumetric images by 

scanning the imaging beam laterally across the sample using a scanner, such as a 

galvanometer mirror or a MEMS scanner. Here if we want to have only a small fraction 

of the bandwidth in each sweep at each lateral position/A-scan of the OCT, the 

straightforward method is to increase the scanning speed of the scanner. However, all 
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these mechanical scanning modules (e.g. galvo scanner and MEMS scanner) have a 

maximum bandwidth of <kHz while the A-scan/sweeping rate of the OCT swept source 

is typically >100kHz. Therefore, the mechanical scanner is at least two-fold slower than 

the OCT swept source. Instead of using a mechanical scanner, our time-frequency 

multiplexed 3D camera uses a diffraction grating to distribute a single sweep of the 

swept source to different lateral locations along one axis, so that the depth profile along 

one axis/line can be obtained at the A-scan rate.  

In spectroscopic OCT (chapter 3 and 4), the time-frequency analysis has an 

internal tradeoff between the axial resolution and spectral resolution. Here, since a 

grating distributed a spectral sweep along one lateral axis, which means the axis is 

spectrally encoded, the system essentially has a tradeoff between depth and lateral 

resolution. The spectral resolution of the time-frequency multiplexed 3D camera is 

similar to a conventional spectrometer,  which has the spectral resolution of the system 

determined by the following equation [140],  

⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡𝛿𝜆 =
𝜆

𝑅
=

𝜆2

𝑊⁡(𝑠𝑖𝑛𝐼+𝑠𝑖𝑛𝐷)
,                                                            (9) 

where 𝛿𝜆 is the spectral resolution, R is the grating resolving power, W is the beam 

diameter, I and D are the incident and diffracted angle, which depend on the groove 

density (g/mm). Except the groove density, as we can see from this equation, a larger 

input W beam onto the grating will lead to a better spectral resolution. It is because that  
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a large input beam W means a larger NA of the focusing beam, which means a smaller 

beam spot at the focus and a better spectral resolution. Therefore, for the following 

system design, it was important to use the right beam size to control the lateral and axial 

resolution of the system.  

 The designed spectral resolution of the system also determines the window size 

of our time-frequency analysis (section 5.3.3), as we would like to have all the spectral 

points within the same to match the spectral resolution of the system, which means all 

the spectral points within the window are from the same lateral resolvable spot at the 

imaging plane.  

Prototype Using a Conventional OCT Swept Source 

For our first prototype that used a 1050nm swept source (Axsun Technologies; 

Billerca, MA), we plot the spectral resolution as a function of the beam (Fig 28) width at 

three different grating configurations (600, 800 and 1200 g/mm) and the central 

wavelength of 1050nm using the equation 9. Our OCT system has a spectral sampling 

resolution of ~0.036nm (2752 spectral points across 100nm bandwidth). For example, 

assume 20 spectral points are needed for each lateral location to perform depth 

localization, we would like to have a spectral resolution of ~0.7nm. We can achieve that 

by using an input beam diameter of around 2.5mm and a grating with a groove density 

of 600g/mm (black line).  
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Figure 28: Spectral resolution of the time-frequency multiplexed 3D camera as 

a function of the input beam width.  

We designed the prototype with a 2mm input beam and a 600g/mm grating in 

Zemax to confirm the spectral resolution and FOV. The grating is placed at one focal 

length away from an imaging lens with f= 100mm to create a telecentric imaging plane 

(Fig.29a). Different wavelengths of a single sweep were distributed to the different 

lateral location along one dimension. The spot diagrams at the starting wavelength 

(1000nm) and the ending wavelength (1100nm) were shown in Fig 29b and 29d. The 

FOV of the system can then be determined to be approximately 6.2mm and the lateral 

resolution of the system is about 62 µm. In Fig.29c, we showed the overlapped three 

spot diagrams from 1049.8nm (green), 1050nm (blue) and 1050.2nm (red), to 

demonstrate that the beam locations across a bandwidth of 0.4nm are significantly 

overlapped and unresolvable, which agrees with the calculation above.  
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Figure 29: The Zemax design of time-frequency multiplexed 3D camera with 

(a) an zoom-in view of the imaging plane where different wavelengths of a single 

sweep were distributed to the different lateral location along one axis; the spot 

diagrams at (a) the starting wavelength of the sweep (1000nm),  (b) three adjacent 

wavelengths (1049.8nm, 1050nm and 1050.2nm) and (c) the ending wavelength of the 

sweep (1100nm). Airy radius = 63µm  

 

To achieve 3D imaging, a galvanometer mirror was placed at a conjugate plane 

before the diffraction grating formed by a pair of f=100mm achromatic doublets and 

used to perform orthogonal axis scanning (Fig.30). In summary, the fast axis scanning 

was controlled by the grating, while the slow axis scanning was controlled by the 

galvanometer scanner.    
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Figure 30: The Zemax design of the time-frequency multiplexed 3D camera 

using the diffraction grating for fast-axis scanning and the galvo mirror for slow-axis 

scanning, with (b) an zoom-in view of the imaging plane  

 

Prototype Using a Long Coherence Length Swept Source 

To improve the axial imaging range of our 3D camera, we utilized an Akinetic 

swept laser (Insight, inc; Lafayette, CO) for our second prototype. The laser has a 

coherence length of at least 220mm and a central wavelength of 1310nm. Moreover, both 

the bandwidth and sweeping rate of the laser can be adjusted from ~5nm to 70nm and 

from ~5kHz to 400kHz. In this application, we set the sweeping rate of the source at 

16kHz and the bandwidth at 70nm.  

With a sampling rate of 800MHz, a total of 48891 spectral points can be acquired 

within a sweep. The maximum axial imaging range is ~16 cm, limited by the bandwidth 

of the balanced photodetector, 400MHz.    
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To have the depth of focus of our imaging system comparable to the axial 

imaging range, 16cm, as well as maximizing the lateral FOV, the following non-

telecentric imaging system was designed and built (Fig.31), and the spot diagrams at the 

focal plane at the starting wavelength (1275nm), the central wavelength (1310nm) and 

the ending wavelength (1345nm) are shown in Fig. 31(c). 

 

Figure 31: The optical design of the time-frequency multiplexed 3D camera 

using a long coherence length swept source. The (a) system and (b)Zemax design of 

the non-telecentric time-frequency multiplexed 3D camera using the diffraction 

grating for fast-axis scanning and the galvanometer for slow-axis scanning; (c) the 

spot diagrams at the starting (1275nm), central (1310nm) and ending (1345nm) 

wavelength of the sweep; Airy radius = 192µm  

 

The system achieves a lateral spot size of 192μm, a FOV of ~40mm and a working 

distance (from the grating to the imaging plane) of 67.1cm.  

 



 

109 

5.3.3 Processing Methods 

To retrieve the depth information from the detected spectral interferogram, the 

time-frequency analysis was performed. Here, for the 1050nm conventional OCT swept 

source system, we performed short-time Fourier transform (STFT) analysis with a 

Hamming window function and a window size of 20 spectral points, which corresponds 

to a bandwidth of approximately 0.73nm. This bandwidth is also close to the designed 

spectral resolution of the system (0.7nm). To achieve the Nyquist sampling, two adjacent 

windows are overlapped by half of the window size, 10 spectral points, which leads to 

the total number of windows across one sweep to be 237. For the long imaging range 

akinetic source system, a window size of 300 spectral points, which corresponds to a 

bandwidth of 0.43nm, was used.  Similarly, two adjacent windows are overlapped by 

half of the window size, 150 spectral points, which leads to the total number of windows 

across one sweep to be 326. We then zeropadded each subsampled spectral signal to 

10,000 sampling points and estimated the depth by finding the peak location of the 

Fourier transform of the signal. 

 

5.4 Results 

5.4.1 Simulation Results  

We first demonstrated that to localize the depth of a dominant reflector in OCT, a 

much smaller bandwidth is actually needed. Here, we showed that when only 20-100 
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spectral points of a sweep were used for analysis, which corresponds to a bandwidth of 

0.73- 3.63nm and a theoretical OCT axial resolution of ~150-700 µm, we still can localize 

the depth of the dominant reflector with an accuracy much better than the theoretical 

OCT axial resolution. Here in Fig.32, we showed that, we can localize the depth of a 

metal sample surface with an accuracy of <35 µm using only 20 spectral points (~0.73nm 

bandwidth) and human skin surface with an accuracy of <70 µm using only 40 spectral 

points (~1.46nm bandwidth). Fig 32(a) is a representative single B-scan of a metal along 

with the depth estimation calculated using only 0.73nm bandwidth (blue line) per A-

scan and ground truth depth calculated using the full 100nm bandwidth (red line). We 

also calculated the standard deviation between estimated and ground truth depth as a 

function of spectral points we used across a total of 576 A-scans (Fig 32c). We performed 

a similar analysis on a human skin sample (Fig 32b). Although human skin as a 

biological sample has a much weaker surface reflection, we demonstrated that we can 

still achieve <70 µm depth sensing using only 40 spectral points.  
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Figure 32: Simulation results of time-frequency multiplexed 3D imaging using 

conventional OCT data. Single OCT B-scans of (a) a metal piece and (b) human skin 

with the blue line representing estimated depth calculated using only 20 spectral 

points and the red line representing ground truth surface depth calculated using all 

2752 spectral points; (c) The standard deviation between estimated and ground truth 

depth (axial localization accuracy) as a function of spectral points.   

 

5.4.2 Experimental Results  

Prototype Using a Conventional OCT Swept Source 

We performed some preliminary testing of our prototype by imaging the depth of a 

metal piece. The picture of the metal piece is shown in Fig. 33(a). We performed STFT 

analysis on the detected spectral interferogram with a sliding window and a window 

size of 20 spectral points (~0.73nm) (Fig.33(b)). There is still a major difference between 

the data collected using the prototype and the simulated data using conventional OCT. 

In conventional OCT, the beam is considered to be extremely stationary for each A-scan, 

as the laser sweep rate is much faster than the galvo mirror scanning speed; while in our 

prototype, although the beam spots between adjacent wavelengths were designed to be 

significantly overlapped, there was still a slight lateral shift of the beam spot. Therefore, 
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the sub-resolution reflector profiles within the beam spot were also slightly modified, 

which meant beam spots of two adjacent wavelengths contained different speckle 

information. This speckle effect can reduce the accuracy of our depth localization 

measurement. One simple approach to reduce the speckle effect is to perform spatial 

compounding/averaging. Here, we performed slow axis scanning using the galvo mirro 

and calculated the averaged depth profile using the adjacent scans.   The 20-averaged 

STFT image of the metal piece is shown in the Fig.33(c), and the localized surface depth 

profiles of this metal piece with 1,5 averaged,10 adveraged,20 averaged measurements 

are shown in Fig.33(d). We calculated the standard deviation of the localized depths at 

each surface to estimate the depth sensing accuracy. A depth sensing accuracy of <300 

µm is achieved with single measurement, and a depth sensing accuracy of <100 µm is 

achieved with more than 10 averaged measurements. For the comparison purpose, the 

conventional OCT system with the same bandwidth (0.73nm) has only approximately 

~1mm axial resolution.  More importantly, a single depth measurement shown in 

Fig.33(d) only took 10μs to acquire. Assume 500 lateral positions along the orthogonal 

axis were obtained by scanning the galvanometer mirror, a 237*500 3D image with a 

frame rate of 200 Hz can be achieved.  
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Figure 33: 3D imaging results of a metal piece corner. (a) The picture of the 

metal piece along with the incident beam direction (b) The STFT process with a 

sliding window (c) 20-averaged STFT processed image of the metal piece (d) The 

localized surface depth profiles of the metal piece using 1,5,10 and 20 averaged 

measurements  

 

As mentioned in the method section, the imaging depth of this system using 

conventional OCT swept source is limited by the coherence length of the laser (~6mm), 

which greatly restricts the samples that can be imaged. Nevertheless, we demonstrated 

that this time-frequency multiplexed 3D camera prototype can acquire 3D image of a 

sample with a depth sensing accuracy of <300μm and a frame rate of 200Hz.  
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Prototype Using a Long Coherence Length Swept Source 

With a much longer imaging range (16cm) of this prototype, various objects were 

imaged. First, we imaged a stack of five metal pieces, that spans a depth range of more 

than 6cm. The STFT processed image of the cross section (green line in Fig.34(d)) of the 

sample with a single measurement is shown in Fig.34(a), along with its localized depth 

profile shown in Fig.34(b). The top and front view of the sample are shown in Fig.34(c-

d). Assume each metal surface is flat, we calculated the standard deviation of the 

localized depth profile at each surface, which is an estimation of the depth sensing 

accuracy of the system. The mean standard deviation across all five surfaces is 424μm, 

which is about 30% larger than the standard deviation obtained from the previous 

system (~300μm). The increased standard deviation is mainly due to 1) The bandwidth 

at each lateral position is smaller due to the total bandwidth of the laser has a narrower 

bandwidth (~70nm@1310nm) compared to the conventional OCT swept source 

(100nm@1050nm) and 2)The metal surfaces may not be placed exactly perpendicular to 

the incoming beam.  
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Figure 34: 3D imaging results of a stack of metal pieces to demonstrate long 

imaging range. (a) the STFT processed image of the cross-section (green line in (d)) of 

a stack of five metal pieces with a single measurement and (b) the localized surface 

depth profile; (c) the top view and (d)the font view of the metal stack  

 

Here we demonstrated that our prototype can acquire the depth profile of a 

cross-section with 324 laterally sampling points at a rate of ~16kHz and a depth sensing 

accuracy better than 424μm. We then started to acquire 3D image of the sample by 

scanning the slow-axis galvanometer mirror. 

First, we imaged a cage plate that was placed in front of a metal. The top and 

side view of the sample are shown in Fig.35(d).  The extracted depth map and 3D mesh 

surface plot of the sample (green box in Fig.35(d)) is shown in Fig.35(a) and (b). Two 
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representative STFT processed images of the cross sections (red and orange dashed lines 

in Fig.34(d)) are shown in Fig. 35(c). The depth map has 324*600 pixels and a frame rate 

of ~28Hz. 

 

Figure 35: 3D imaging results of a cage plate placed in front of a metal plate. (a) 

the depth map and (b) the 3D surface plot of a cage plate; (c) two STFT processed 

images of the cross-sections (red and orange dashed lines in (d)) of the sample; (d) the 

top view and the side view of the cage plate and the metal plate.  

 

We also imaged an Airbus 350-900 plane model. The top view of the airplane 

model is shown in Fig.36(d).  The extracted depth map and 3D mesh surface plot of the 

plane (green box in Fig.36(d)) is shown in Fig.36(a) and (b). A representative STFT 
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processed image of the cross section (red dashed line in Fig.36(d)) are shown in Fig. 

36(c). The depth map has 324*500 pixels and a frame rate of ~33.4Hz. 

 

Figure 36: 3D imaging results of an airplane model. (a) the depth map and (b) 

the 3D surface plot of an airplane model; (c) a STFT processed image of the cross-

section (red dashed line in (d)) of the plane; (d) the top view of the airplane model  

 

Finally, we imaged a Japanese ceramic cat coin bank. The front and top view of 

the sample are shown in Fig.37(d).  The extracted depth map and 3D mesh surface plot 

of the cat (green box in Fig.37(d)) is shown in Fig.36(a) and (b). A representative STFT 

processed image of the cross-section (red dashed line in Fig.37(d)) is shown in Fig. 37(c). 

The depth map has 324*500 pixels and a frame rate of ~33.4Hz. 
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Figure 37: 3D imaging results of a cat coin bank. (a) the depth map and (b) the 

3D surface plot of a ceramic cat coin bank; (c) a STFT processed image of the cross-

section (red dashed line in (d)) of the sample; (d) the front and top view of the cat coin 

bank  

5.5 Discussion 

In this work, we develop a time-frequency multiplexed 3D camera with a frame 

rate > 30Hz and an axial imaging range of >16cm. The depth sensing accuracy of the 

system depends on the property of the imaged sample. In Fig.34, we demonstrate that 

the depth sensing accuracy is better than 400μm on metal parts. However, more testing 

on various types of samples which don’t have dominant surface reflections like metal 

parts are needed in order to fully characterize the system performance. Especially, 
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imaging of biological samples, such as skin, is important for investigating the potential 

applications of this 3D camera.  

The system currently has a limited FOV of ~4cm, which greatly restricted the 

sample that can be imaged. The limited FOV in the prototype is due to a small range of 

deflection angles coming out of the diffraction grating. There are three potential 

approaches to increase the FOV of the system: 1) use a grating with a higher groove 

density, for example, a 1200g/mm grating will double the current FOV; 2)  add a 

telescope after the grating to expand the FOV ; 3) Use a longer focal length lens to 

increase the working distance.  

The maximum axial imaging range of the current system is 16cm, which is 

limited by the bandwidth of the balanced photodetector. With a larger bandwidth 

photodetector, the imaging range of the system is ultimately limited by the digitization 

speed. The current system can be digitized at 4Gsamples/s, which corresponds to the 

maximum axial imaging range of 1.6m.  

Moreover, the system design in terms of beam size and grating selection needs to 

be further optimized to achieve the maximum product of depth sensing accuracy and 

lateral resolution. The future system can also be designed with a tunable beam size into 

the grating, so that the depth sensing accuracy and lateral resolution of the system can 

be adjusted accordingly based on the sample properties, such as size and material. Other 
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processing approaches besides STFT and peak localization should also be considered to 

further improve the depth sensing accuracy.  

5.6 Summary 

In this work, we develop a time-frequency multiplexed 3D imaging technique 

that can achieve video-rate 3D imaging with submillimeter depth sensing accuracy and 

>16cm axial imaging range. Instead of using a mechanical scanner in conventional OCT 

system, this time-frequency multiplexed camera utilizes a diffraction grating to perform 

spectrally encoded scanning on the fast axis. Using the signal zeropadding and STFT 

analysis, the depth of the dominant reflector can then be localized. We first studied the 

depth sensing accuracy both theoretically and using the simulation data. Then we 

demonstrated the first prototype that uses a conventional 100kHz swept source and 

achieved >100Hz 3D imaging with an imaging range of ~6mm. To expand the axial 

imaging range, a second prototype using an Akinetic swept laser with a coherence 

length of meters was developed. Various samples were imaged to demonstrate the 

performance of the system.  
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6. Conclusion 

The work in this dissertation describes the efforts to develop novel optical design 

and signal processing approaches in optical coherence imaging, mainly optical 

coherence tomography (OCT). OCT has become a standard of care for ophthalmic 

imaging. However, current OCT technologies face several limitations, including (1) 

difficult alignment and fixation in pediatric imaging (2) poor cellular level imaging 

contrast due to limited resolution and (3) expensive hardware and intensive 

computation requirements for real-time high-speed 3D imaging. To address these 

limitations, the following novel optical design and signal processing approaches were 

developed and demonstrated in this dissertation. First, a swept-source OCT system that 

incorporates two custom lenses and a novel 2f retinal scanning configuration was 

designed and developed to achieve a long working distance of 350mm, and the system 

was demonstrated to facilitate retinal imaging of young children (chapter 2). Secondly, a 

spectroscopic OCT method that utilizes time-frequency analysis to extract the spectrum 

of single cell was developed. The technique can differentiate and quantify the 

composition of anterior chamber blood cells noninvasively and provide quantitative 

diagnostic information of cellular responses in the ocular anterior chamber in vivo. 

Finally, a time-frequency multiplexed high-speed 3D imaging technique was developed. 

The system utilizes a grating for fast beam steering and time-frequency analysis for 

depth retrieval. Using a long coherence length swept laser, >video rate(30Hz) 3D 
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imaging with sub-millimeter axial resolution and tens of centimeters axial imaging 

ranging was demonstrated (chapter 5).  
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