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Abstract 

Corneal diseases such as keratoconus and Fuchs' dystrophy lead to the dysfunction of the cornea, which 

can result in vision loss. Early-stage detection at the cellular level provides the opportunity for treatment 

that slows or stops disease progression and potentially for disease cure. Optical coherence tomography 

(OCT), often described as the optical equivalent of ultrasound imaging, enables high-speed, non-

invasive volumetric imaging at a cellular resolution. These advantages of OCT have made it a useful 

tool in ophthalmology and beyond. High-speed OCT data acquisition is desirable, particularly for 

volumetric imaging, to reduce involuntary eye and body motion and suppress motion-induced artifacts. 

Line-scan OCT (LS-OCT) utilizes a 2D lens, such as a cylindrical lens, as the line generator to project 

a line-shaped detection beam onto the sample instead of the focused pencil beam traditionally used in 

OCT systems. Combined with high-speed 2D cameras, LS-OCT systems allow for a data acquisition 

speed that is 1 to 2 orders of magnitude higher than conventional point-scanning OCT systems. The 

three main goals of this thesis research are: (i) to develop a novel Powell lens-based line-scan OCT 

system, (ii) to optimize the performance of the Powell lens-based line-scan OCT system for in vivo 

human studies, and (iii) to develop a line-scan OCT protocol for conducting dynamic OCT (dOCT) 

studies on various biological tissues. 

A Powell lens is used in a line-field spectral domain OCT (PL-LF-SD-OCT) system to generate a 

line-shaped imaging beam with an almost uniform distribution of optical power along the line direction. 

This design overcomes the significant sensitivity loss of approximately 10 dB that is observed along 

the line length direction (B-scan) in LF-OCT systems based on cylindrical lens line generators. The 

PL-LF-SD-OCT system offers almost isotropic spatial resolution (∆x and ∆y approximately 2 µm, ∆z 

approximately 1.8 µm) in free space and a sensitivity of approximately 87 dB with only about 1.6 dB 

loss along the line length for an imaging power of 2.5 mW at an imaging rate of 2,000 frames per 

second (fps). Images acquired with the PL-LF-SD-OCT system allow for the visualization of cellular 

and sub-cellular structures of biological tissues. 

Following the development of the first PL-LF-OCT system, we present a second-generation system 

that combines sufficiently high: spatial resolution (2.4 μm × 2.2 μm × 1.7 μm (x × y × z)) to resolve 

individual cells; sensitivity (approximately 90 dB) to image the semi-transparent human cornea; and 

image acquisition rate (≥ 2,400 fps) to suppress most involuntary eye motion artifacts. In summary, 

the second-generation system allows for contactless, in vivo imaging of the cellular structure of the 
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human cornea. Volumetric images acquired in vivo from the corneas of healthy subjects show corneal 

epithelial, endothelial, and keratocytes cells, as well as sub-basal and stromal corneal nerves. The 

system's high axial resolution also allows for clear identification and morphometry of the corneal 

endothelium, Descemet's membrane, and the pre-Descemet’s (Dua) layer. 

By characterizing time-dependent signal intensity fluctuations, dOCT enhances contrast in OCT 

images and indirectly probes cellular metabolic processes. Almost all of the dOCT studies published 

so far are based on the acquisition of 2D dOCT images (B-scans or C-scans) via point-scanning 

spectral-domain/swept-source OCT or full-field OCT respectively, due to limitations in the image 

acquisition rate. Here we introduce a novel high-speed Line-Field dOCT (LF-dOCT) system and image 

acquisition protocols designed for volumetric dOCT imaging of biological tissues. The imaging probe 

is based on an exchangeable telecentric lens pair that enables a selection of transverse resolution (1.1 

µm to 6.4 µm) and field of view (FOV) (250×250 µm² to 1.4×1.4 mm²) suitable for different biomedical 

applications. The system offers an axial resolution of 2.6 µm in free space, corresponding to 

approximately 1.9 µm in biological tissue assuming an average refractive index of 1.38. A maximum 

sensitivity of 90.5 dB is achieved for 3.5 mW optical power at the tissue surface and camera acquisition 

rate of 2000 fps. Volumetric dOCT images acquired with the novel LF-dOCT system from plant tissue 

(English cucumber) and animal tissues (mouse liver and prostate tumor spheroids) allow for volumetric 

visualization of the tissues’ cellular and sub-cellular structure. 
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Chapter 1 
Introduction 

1.1 Motivation 

The cornea is the outermost layer of the eye and provides most of its optical magnification power. 

Healthy corneal function is crucial for allowing light to pass through efficiently and for focusing it 

properly on the retina [1]. Diseases such as keratoconus, which thins and reshapes the cornea from a 

dome to a cone shape [2], and Fuchs' dystrophy, which leads to corneal edema or dehydration due to 

the malfunction and death of corneal endothelial cells [3], both lead to vision loss. Cellular resolution 

imaging of the cornea is essential for the early-stage diagnosis of many corneal diseases, including the 

two mentioned above, as early symptoms typically appear at the cellular level. Conventionally, imaging 

techniques such as slit lamp imaging [1], ultrasound imaging [4], and in-vivo confocal microscopy 

(IVCM) [5,6] are utilized to examine the anterior segment of the eye. Slit lamp and ultrasound imaging 

both allow for non-invasive examination of the eye, although ultrasound imaging requires contact with 

the eyelid, so it is not perfectly non-invasive. IVCM provides cellular resolution imaging capability but 

requires direct contact between the microscopic objective and the eye tissues, which may result in 

potential damage to the eye, especially for those with unhealthy eye conditions. Using a low numerical 

aperture (NA) microscopic objective could make it possible to perform non-contact corneal imaging 

with IVCM, but this approach also sacrifices the spatial resolution of the system. Furthermore, the 

imaging acquisition speed of IVCM is normally limited, which presents an issue for volumetric in-vivo 

imaging due to involuntary body and eye movements. 

Optical Coherence Tomography (OCT) serves as an alternative imaging technique for in-vivo, non-

invasive, high-speed volumetric, cellular resolution eye imaging [7]. OCT has increasingly been used 

for ophthalmology diagnosis and academic research with the maturation of the technology in the three 

decades since its invention in 1991 [8]. The main objective of this thesis research is to continue the 

development of current OCT technology, specifically focused on the improvement of Line-Field OCT 

(LF-OCT), a parallel data collection OCT imaging modality which offers 1-2 orders of magnitude 

higher data acquisition speed compared to conventional clinical OCT systems [9-14]. The three specific 

goals outlining this MSc research are: 1) Investigate the possibility of using a Powell lens as a line-

illumination generator for an OCT system, instead of conventionally using a cylindrical lens, for better 

light illumination uniformity in the line direction while still capable of achieving cellular resolution. 2) 

Investigate the possibility and outcomes of such a Powell-based LF-OCT system  for in-vivo human 
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corneal imaging, with improved line-direction illumination uniformity from Powell lens while still 

taking advantage of the high speed of LF-OCT. 3) Investigate the possibility and outcomes of using an 

LF-OCT system to perform high-speed dynamic OCT (dOCT), an extension of conventional OCT 

which utilizing the temporal-dependent OCT signal fluctuations as an extra contrast, on various of ex-

vivo and in-vitro biological tissues. 

1.2 Cornea structures 

The cornea is a transparent and vessel-free region of the anterior segment of the eye that functions to 

focus light onto the retina and to protect the inner eye structures from the environment. In a healthy 

human adult, the cornea typically has a thickness of approximately 500 μm to 600 μm near the apex, 

with an increased thickness up to about 640 μm towards the peripheral regions [15, 16]. Humans, as 

well as other primates, have a five-layered cornea comprising, from the anterior to posterior direction: 

the Epithelium, Bowman's layer, Stroma, Descemet's membrane, and Endothelium. Representative 

cross-sectional human cornea histology and OCT images are shown in Fig. 1. The anterior and posterior 

OCT corneal images are shown separately in Fig. 1(B) and 1(C) for more detailed views of local 

structures. 

 

Fig. 1.1. (reproduced with permission from Prof. Denise Hileeto and Prof. Kostadinka Bizheva) (A) 

Histology image of health human cornea. (B) Anterior side of human cornea imaged in-vivo with 
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OCT cornea. EPI: Epithelium; BM: Bowman’s membrane; STR: Stroma. (C) Posterior side of human 

cornea imaged in-vivo with OCT. PDL: pre-Descemet’s layer; DM: Descemet’s membrane; ENDO: 

Endothelium. 

The epithelial layer consists of approximately six layers of cells. Starting from anterior to posterior, 

the three cell types are superficial cells (the oldest cells), wing cells, and basal cells (the youngest cells) 

[17]. The epithelial cells are highly regenerative with a vertical turnover rate of 7 to 14 days [18, 19]. 

The dying superficial cells are washed out by the tear film, which is situated directly above the 

superficial cell layer and also keeps the epithelium moist. The total thickness of the epithelium is 

approximately 40 μm to 50 μm in humans [20]. Bowman's layer, also known as the anterior limiting 

membrane, is an acellular region consisting primarily of collagen fibers and other proteins [21]. It 

serves the purpose of protecting the stroma and has a thickness of approximately 10 to 15 μm. It has 

been reported to slightly decrease in thickness with aging [22]. Unlike the epithelium, Bowman's layer 

does not regenerate [23]. The stroma is the middle layer of the cornea and contributes up to 90% of the 

cornea's total thickness. It is primarily made up of collagen fibers and keratocytes, which are irregularly 

shaped corneal cells responsible for producing crystallin to maintain the optical properties of the cornea, 

such as transparency and refractive performance [24]. The density of keratocytes is high at the anterior 

side of the stroma and decreases towards the posterior side [25, 26]. The collagen fibers and keratocytes 

form layers structured like the pages of a book, and approximately 200 such layers exist in a healthy 

adult human. The pre-Descemet's layer (PDL), or Dua's layer, named after the person who discovered 

it in 2013 [27], is often considered the last portion of the stroma. PDL is a transparent region that 

contains types of collagen but no keratocytes. Due to its thinness, only one research group has 

successfully imaged this layer in vivo in humans to date [28]. Descemet's membrane, also known as 

the posterior limiting membrane, follows the stroma (adjacent to the PDL). It is a primarily collagen-

based layer that serves to separate the stroma from the endothelium, with an average thickness of 5 to 

20 μm, depending on the age of the subject [27-29]. The endothelium is the final layer of the cornea 

and is a single-cell-layer structure with a thickness of approximately 5 μm. It acts as a barrier to the 

anterior chamber of the eye while allowing the exchange of fluids and solutes between the stroma and 

aqueous humor [30]. The endothelial cells are hexagonal shaped with an average diameter of 20 μm in 

healthy adults. The density of endothelial cells tends to decrease with age [23, 28, 31]. 
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1.3 Thesis Organizations 

This thesis is structured based on three journal articles which are either published, under review, or 

awaiting submission. The detailed contributions of the thesis author to each article are listed in the 

'Statement of Contributions' section of the thesis. Here is the breakdown of the thesis chapter contents: 

Chapter 2 briefly reviews the principle of OCT with low coherence interferometry, compares the 

differences between Time-Domain OCT and Fourier-Domain OCT, reviews different OCT scanning 

approaches, and presents the characteristics of Fourier-Domain OCT. Additionally, the concept of 

dynamic OCT is briefly discussed at the end of the chapter. 

Chapter 3 focuses on the development of a Powell lens-based line-scan OCT system, followed by the 

system performance characterizations and the presentation of ex-vivo biological tissue imaging results. 

Chapter 4 is dedicated to the development of the second-generation Powell lens-based line-scan OCT 

system and presents the in-vivo human cornea imaging results. 

Chapter 5 describes the development of a line-scan OCT system and a dynamic OCT data processing 

algorithm for dynamic OCT studies. It also shows the results generated from ex-vivo biological tissue 

using dynamic OCT. 

Chapter 6 summarizes the work completed during the MSc study and briefly discusses future work. 
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Chapter 2 
An Introduction to Optical Coherence Tomography (OCT) 

Optical Coherence Tomography (OCT) is often considered the optical equivalent of ultrasound 

imaging. It enables non-invasive, cross-sectional imaging of biological tissues with cellular resolution 

through a low-coherence interferometry technique [1]. Since its invention in 1991, OCT has been 

widely used for various imaging applications in ophthalmology and beyond. This is particularly true 

following the development of Fourier Domain OCT (FD-OCT), which significantly improved data 

acquisition speed and system sensitivity compared with Time Domain OCT (TD-OCT) [32-34]. To 

help understand the basic OCT image terminology, as well as the typical OCT imaging outcomes, Fig. 

2.1 shows healthy human cornea data displayed in gray-scale with logarithmic operation applied to the 

raw OCT data to enhance visibility, which will be discussed in detail in Chapter 4. Starting from the 

left is an A-scan, a 1D intensity array in the axial direction (Z-direction), which is considered the 

fundamental structure of an OCT image (Fig. 2.1 left). Combining multiple A-scans taken at different 

locations can form a 2D image (XZ Intensity image), also called a B-scan image (Fig. 2.1 middle). 

Similarly, combining multiple B-scans taken at different locations can assemble a 3D image set, known 

as a Volume-scan image (Fig. 2.1 right). 

 

Fig. 2.1. A-scan (left), B-scan (middle) and volumetric scan (right) of human cornea. 

This chapter briefly reviews the basic principles of OCT with low coherence interferometry, 

characterizes different OCT imaging modalities as well as OCT techniques utilized in this MSc study. 
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2.1 OCT with Low coherence interferometry 

Figure 2.2 shows a free space OCT system schematic design based on a Michelson interferometer. 

Assume that the low coherence light source generates a propagating electromagnetic field, with electric 

field component characterized by the equation 𝐸! = 𝑠(𝑘)𝑒!(#$%&'). Here 𝑠(𝑘) describes the amplitude 

of the electric field in terms of wavenumber 𝑘. The magnetic field component is ignored as it does not 

contribute to OCT imaging. The beam splitter (here we assume a perfect 50:50 beam splitter) splits the 

light into the reference arm that ends with a reflection mirror and the sample arm that ends with a multi-

layer sample. The light reflected from the mirror and the multi-layer sample are respectively 

characterized by the equations 𝐸) =
*!
√,
𝑟)𝑒!,#-" and 𝐸. =

*!
√,
[𝑟.(𝑍.)]⨂𝑒!,#-#. Here 𝑍/ is the distance 

from the beam splitter to the reflective surface in the reference arm, and 𝑍. represents the distance from 

the beam splitter to the reflective layers within the sample arm. 𝑟) is the electric field reflectivity of the 

reference mirror and 𝑟.(𝑍.) is the electric field reflectivity of the multi-layer sample as a function of 

individual sample layers. Assuming n discrete sample layers, 𝑟.(𝑍.) = 	∑ 𝑟.,!𝛿0𝑍. − 𝑍.,!21
!23 , where 

𝑟.,! is the reflectivity of the i-th layer at depth 𝑍.,!, and 𝛿 represents the Dirac delta function indicating 

the location of each layer. 

The signals from two arms are collected by the detector. The generated detector photocurrent follows 

the expression: 

𝐼(𝑘) = 4(#)
,
〈|𝐸) + 𝐸.|,〉 =

4(#)
,
〈(𝐸) + 𝐸.)(𝐸) + 𝐸.)∗〉  (2.1) 

Here 𝜌(𝑘) is the responsivity of the detector and the angle brackets indicate the response time of the 

detector. Expanding Equation (2.1) with the 𝐸) and 𝐸. expressions described earlier, and keeping the 

real part of the result gives: 

𝐼(𝑘) = 𝑆(𝑘)'𝑟!" +*𝑟#,%"
&

%'(

+ 2*,𝑟!𝑟#,%

&

%'(

cos02𝑘1𝑍) − 𝑍#,%45 + * ,𝑟#,%𝑟#,* cos02𝑘1𝑍#,% − 𝑍#,*45
&

%,*'(,%+*

6 

(2.2) 

Here 𝑆(𝑘) = 4
6
〈𝑠(𝑘),〉. The first two terms 𝑟), and ∑ 𝑟.,!,1

!23  are the constant or ‘DC’ terms, referring 

the direct reflections from the reference mirror and sample layers, without interference occurring. The 

𝑟), term can be characterized before imaging and subtracted from the final result. The ∑ 𝑟.,!,1
!23  term is 

normally negligible since the electric field reflectivity of the sample layers is much smaller than that of 
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the reference mirror. The term 2∑ :𝑟)𝑟.,!1
!23 cos	[2𝑘(𝑍/ − 𝑍.,!)]  is the ‘cross-correlation’ term, 

corresponding to the interference signals from sample layers and the reference mirror. This is the term 

that OCT relies on to extract low coherence interferometry amplified signals. The last term 

∑ :𝑟.,!𝑟.,7cos	[2𝑘(𝑍.,! − 𝑍.,7)]1
!,723,!87  is the ‘auto-correlation’ term that is associated with interference 

signals that occur within different sample layers. This term is also generally negligible due to the low 

electric field reflectivity of the sample layers. The differences between TD-OCT and FD-OCT, which 

will be discussed in more detail in Section 2.2, arise from different interpretations of Equation (2.2). 

 

Fig. 2.2. Free space OCT set up with Michelson interferometer design. 𝒔(𝒌) is the amplitude of the 

incident electric field in terms of wave number 𝒌. 𝒓𝑹 and 𝒓𝒔(𝒁𝒔) are the electric field reflectivity of 

the reference mirror and sample layers. 𝒁𝒓 and 𝒁𝒔 are the path length from the beam splitter to 

reflection surfaces in the reference and sample arms respectively. 

2.2 Time Domain OCT and Fourier Domain OCT 

Assume the incident light has a Gaussian wave profile with 𝑠(𝑘) ∝ 𝑒%<
$%$&
'$ =

(

where 𝑘> is the central 

wavenumber and Δ𝑘 is half-width of the spectrum at 1/𝑒 intensity of its maximum. Taking the integral 

of Equation (2.2), the cross-correlation term with respect to all wavenumbers gives: 

𝐼??(𝑧)) = ∫ 𝐼??(𝑘)𝑑𝑘
@
> ∝ ∑ :𝑟)𝑟.,!𝑒%A-"%-#,!B

(C#(1
!23 cos	[2k>(ZD − ZE,F)]  (2.3) 
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The 𝑒%A-*%-#,!B
(C#(  term suggests that the interference signal will peak at 𝑍/ = 𝑍.,!  and quickly 

diverge with the increment of path length difference. The width of the interference signal is determined 

by the Fourier transform of 𝑠(𝑘). This will be discussed further in Section 2.4.1. One method to 

generate information along the A-scan direction is to adjust the reference path length 𝑍/  to match 

various sample path lengths, or 𝑍.,!  values, with a linear stage to translate the reflection mirror, a 

piezoelectric actuator-based fiber stretcher, or other methods. This OCT imaging modality is called 

Time Domain OCT (TD-OCT). Conventionally, TD-OCT achieves an A-scan rate on the order of a 

few kHz, which is limited both by the performance of the moving mechanical components such as 

galvo scanners and fiber stretcher and by Signal-to-Noise Ratio (SNR) considerations due to reduced 

exposure time. Figure 2.3(A) shows a TD-OCT system schematic; by using a translational reference 

mirror, information from different depths can be collected. 

 

Fig. 2.3. Schematic of different OCT systems. (A) TD-OCT. (B) Type one of FD OCT: SD-OCT and 

(C) Type two of the FD-OCT: SS-OCT. 

An alternative to TD-OCT is FD-OCT, which offers data acquisition speeds that are orders of 

magnitude faster and provides a higher system SNR compared to TD-OCT. In FD-OCT, a Fourier 

transform is applied to the cross-correlation term in Equation (2.2) instead of an integral with respect 

to wavenumbers. This yields: 

𝐼??(𝑧) = ℱ{𝐼??(𝑘)} ∝ 𝛾(𝑧)⨂∑ :𝑟)𝑟.,!{𝛿 PQ𝑧 ± 20𝑧/ − 𝑧.,!2ST1
!23 }  (2.4) 
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Here, ℱ{𝐼??(𝑘)} represents the Fourier transform of the k-space cross-correlation term. 𝛾(𝑧) is the 

Fourier transform of 𝑠(𝑘), which is the coherence function. Simplifying Equation (2.4) further by 

computing the convolution yields: 

𝐼??(𝑧) ∝ ∑ :𝑟)𝑟.,!{𝛾U20𝑧/ − 𝑧.,!2V + 𝛾U−20𝑧/ − 𝑧.,!2V}1
!23   (2.5) 

Equation (2.5) contains information from all discrete layers within the scanning range to form an A-

scan, eliminating the need for mechanical components to change the optical path. The two terms 

𝛾U20𝑧/ − 𝑧.,!2V and 𝛾U−20𝑧/ − 𝑧.,!2V differ only in sign and arise from the mirror artifact of the Fourier 

transform. FD-OCT requires a resolved interference k spectrum to carry out the Fourier transform 

computation. This is typically achieved by adding a grating in front of the camera to separate the 

continue emission (CW) broadband light into different wavelengths, or by using a tunable swept 

wavelength/ frequency light source to quickly sweep a very narrow band of the spectrum over time. 

Both approaches fall under the FD-OCT category and are respectively named Spectral Domain OCT 

(SD-OCT) and Swept-Source OCT (SS-OCT) for clearer distinction. Figures 2.3(B) and 2.3(C) show 

the schematic diagrams of an SD-OCT system and an SS-OCT system, respectively. 

2.3 OCT imaging modalities 

OCT can be characterized into three main categories of scanning approach: point-scan OCT (PS-OCT), 

line-scan OCT (LS-OCT) and full-field OCT (FF-OCT). Fig. 2.4 presents a diagram that illustrates the 

three imaging modalities and their differences in beam shapes on the image plane. For the sake of 

simplicity and consistency, we assume that all systems employ a microscopic objective (indicated by 

the gray blocks in the diagram) to manipulate light before the image plane. Although the TD-OCT 

approach is applicable to all three modalities, this discussion centers on the FD-OCT approach, which 

has been the most prevalently used in the field in recent decades and is the method employed in this 

thesis. 

PS-OCT systems project a focused pencil beam onto the sample. The depth information relative to 

the point is encoded within the spectrum. A single camera exposure (for SD-OCT) or one full spectrum 

sweep (for SS-OCT) generates an A-scan. To obtain a volumetric dataset, two linear scanning scanners 

or micro-electromechanical system (MEMS) mirrors are used to translate the beam across the XY 

plane. The ability to control the focusing beam with two degrees of freedom on the XY plane enables 

not only raster scans but also other scanning patterns, such as circular scans, which can be beneficial 
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for functional OCT studies. Since A-scans within the image volume are collected separately during data 

acquisition, there is no crosstalk between A-scans and better-quality images are generated with PS-

OCT compared to other OCT imaging modalities with similar system SNR. However, because each A-

scan exposure takes a certain amount of time, PS-OCT systems generally offer slower data acquisition 

speeds compared to LS-OCT and FF-OCT systems. Most commercial and clinical PS-OCT systems 

have an A-scan rate below 300 kHz. This can be challenging for large Field-of-View (FOV) volumetric 

imaging, as involuntary body movements and eye motions may introduce artifacts during data 

acquisition. With high-speed line cameras or special light sources such as Fourier domain mode-locked 

(FDML) lasers, researchers have reported A-scan rates of 600 kHz for a SD-PS-OCT system and 5.2 

MHz for a SS-PS-OCT system [35, 36]. However, the SNR of the SD-PS-OCT system is limited by 

the short A-scan exposure time, and the axial resolution of the SS-PS-OCT system is limited by the 

swept source light source. 

LS-OCT, or sometimes also called line-field OCT (LF-OCT), was first reported in 1999 [37]. It 

utilizes a 2D lens, often a cylindrical lens, to convert the circular-shaped beam into a line-shaped beam. 

This allows for the parallel collection of all data points along the line with a 2D sensor camera (for SD-

OCT) or a line camera (for SS-OCT). One line-scan exposure directly generates one B-scan, enabling 

a significant improvement in data acquisition speed compared to PS-OCT systems. LS-OCT systems 

reported in the last decade could easily achieve MHz-equivalent A-scan rates with high enough system 

SNR for biological tissue imaging [12-14, 38-40]. For LS-OCT systems, acquiring volumetric scans 

requires only one linear scanner to translate the beam. Since the generation of a single B-scan frame 

does not require any mechanical movement in the system, LS-OCT B-scans normally offer better phase 

stability compared to other OCT imaging modalities. Despite the fast acquisition speed, LS-OCT 

systems do have limitations. For example, as shown in the middle diagram of Fig. 2.4, the LS-OCT 

incident beam lacks a confocal parameter in the line direction, which leads to more crosstalk between 

A-scans within a B-scan and a degradation in image quality. Furthermore, since the single-shot camera 

exposure time is normally longer for LS-OCT systems compared to PS-OCT systems, the motion 

induced interference fringe washout is a larger issue for in vivo imaging with an LS-OCT system. 

Finally, most LS systems use a cylindrical lens as the line generator, which leads to a line-shaped beam 

with a Gaussian intensity distribution along the line direction. The uneven intensity distribution can 

result in more than a 10 Decibel (dB) SNR variation along the line-direction FOV. One of the purposes 

of this MSc study is to utilize a 2D lens with a conically shaped surface, called a Powell lens, to replace 
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the cylindrical lens as the line generator. This leads to a more uniform line-direction SNR distribution. 

More details on the Powell lens-based LS-OCT research are discussed in Chapters 3 and 4, respectively. 

FF-OCT is another type of parallel data acquisition OCT modality that was first reported in 2006 

[41]. Unlike LS-OCT, which acquires a B-scan image with a single camera exposure, FF-OCT acquires 

an enface (XY plane) image with one single camera exposure by projecting a parallel beam onto the 

sample, as shown in the right diagram of Fig. 2.4. Since the projected beam already contains 2D 

information, the SD method is not a viable option for FF-OCT, that would require a 3D camera sensor 

to collect both 2D image and 1D spectrum information. Consequently, FF-OCT systems utilize either 

TD or SS approaches to generate volumetric images. Because the incident beam on the image plane is 

a parallel beam, a major advantage of FF-OCT is that it is not constrained by the depth of focus (DOF) 

due to beam focusing, allowing the use of high-numerical-aperture (NA) objectives to achieve cellular-

level lateral resolution throughout the entire scanning depth. However, conversely, the lack of a 

confocal parameter in any direction makes crosstalk a serious issue for FF-OCT systems. 

 

Fig. 2.4. Beam shapes of point-scan OCT, line-scan OCT, and full-field OCT on the image plane. 

2.4 Fourier Domain OCT characteristics 

This section describes some OCT characteristics related to this study. Unless specified otherwise, all 

the characteristics mentioned in this section are based on the PS-OCT system setup. Assume a 

normalized Gaussian intensity input beam profile with electric field amplitude 𝑠(𝑘) = 3
C#√G

𝑒%<
$%$&
'$ =

(

. 

2.4.1 Axial resolution 

OCT axial resolution describes the system's theoretical limit to resolve two distinct points in the axial 

direction for a given OCT system. Unlike many other characteristics, axial resolution is independent of 
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the system’s physical setup and is only related to the input light profile. The Fourier transform of 𝑠(𝑘) 

yields the coherence function: 

𝛾(𝑧) = ℱ{𝑠(𝑘)} = 𝑒%$(C#  (2.6) 

The axial resolution (𝛿$), also defined as the coherence length (𝑙?) of light, is typically characterized 

by the Full-Width-at-Half-Maximum (FWHM) of the coherence function: 

𝛿$ = 𝑙? =
,HIJ(,)
C#

= , IJ(,)
K

L&(

CL
  (2.7) 

Here, 𝜆> =
,K
#&

 represents the central wavelength of the spectrum and Δ𝜆 is the FWHM spectrum width. 

In practice, for non-Gaussian intensity beam profiles, Equation (2.7) should be used only as a rough 

estimation of the finest limit of the light’s coherence length. Instead, the axial resolution should be 

calculated by taking the Fourier transform of the actual beam profile. 

2.4.2 Lateral resolution 

The theoretical lateral resolution (𝛿M) of an OCT system can be characterized as the light propagates 

through a confocal microscope, where the light power distribution 𝐼(𝑣) at the focal plane can be 

modeled as follows: 

𝐼(𝑣) = Q,N+(O)
O
S
6
 (2.8) 

Here, 𝐽3(𝑣) is the first-order Bessel function of the first kind, and 𝑣 is the normalized lateral parameter, 

defined as 𝑣 = ,KM.!1(P)
L&

. In this expression, 𝑥  represents the lateral distance away from the light 

propagating axis, and sin(𝛼) is the NA of the microscopic objective, assumed to be filled properly. The 

lateral resolution is defined as the FWHM of the intensity diameter of the beam width at the focal plane, 

and is given by the following equation: 

𝛿M =
H,IJ	(,)

K
L&

EFJ	(P)
≈ 0.37 L&

EFJ(P)
= 0.37 L&

RS
  (2.9) 

One point to note is that Equation (2.9) involves only a single wavelength, 𝜆>, which suggests that the 

lateral resolution is dependent on a specific wavelength. For a narrow-band input spectrum, the 

calculation based on the spectral central wavelength can provide a reasonable approximation of the 

system’s lateral resolution. However, this is not the case for a broadband spectrum input. 
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2.4.3 Depth of Focus 

Assuming a propagating Gaussian beam with intensity profile: 

𝐼(𝑟) = 𝐼>𝑒
% ("(

,(.)(  (2.10) 

Here, 𝑧 is the propagating axis, 𝑟 is the radial distance away from the propagating axis and 𝑤(𝑧) is the 

radius of the beam with 1/𝑒, beam intensity relative to 𝐼> at a given plane 𝑧. When the light is at the 

focal plane, i.e. the 𝑤(𝑧 = 0) plane, the 1/𝑒, beam radius is called the beam waist of the Gaussian 

beam, denoted as 𝑤> and given by 𝑤> =
L&
KRS

. The Rayleigh length, or Rayleigh range, 𝑍) describes the 

axial distance from the beam waist such that  𝑤(𝑧) = √2𝑤>, and is given by 𝑍) =
KT&(

L&
= 3

K
L&
RS(

. The 

DOF, also called the confocal parameter 𝑏, is defined as twice the Rayleigh range and is given by: 

𝐷𝑂𝐹 = 𝑏 = 2𝑍) =
,KT&(

L&
= ,L&

KRS(
  (2.11) 

 

Fig. 2.5. Diagram of a Gaussian beam near the focal plane. 
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2.4.4 Scanning range 

Based on Equation (2.2), the auto-correlation term of the OCT interference fringe presents as a 

sinusoidal function of the form cos[2𝑘(𝑧/ − 𝑧.,!)]. With a larger difference in optical path length, the 

interference fringe will exhibit a higher frequency. For a detector with a finite number of pixels, the 

maximum frequency that can be detected is governed by the Nyquist-Shannon sampling theorem. 

Mathematically, for a detector with N pixels, and a broadband light source with spectrum width Δ𝑘, the 

inequality 2Δ𝑘(𝑧/ − 𝑧.,!) ≤
R
,
× 2𝜋 should be satisfied to prevent aliasing. The maximum scanning 

range, 𝑍UVM, can then be determined by setting both sides of the inequality equal, which yields: 

2(kWXY − 𝑘WFJ)𝑍UVM = 𝑁𝜋 (2.12) 

Re-arranging Equation (2.12) to isolate 𝑍UVM gives: 

𝑍UVM =
RK

,(#012%#345)
= R

6( +
60!7

	%	 +
6012

)
 (2.13) 

2.4.5 Digital resolution 

The digital resolution 𝛿n of an OCT system is defined as the ratio between the FOV and the number of 

pixels that cover the FOV. Since the axial and lateral resolutions of an OCT are quantified separately, 

their respective digital resolutions are also defined separately, as follows: 

𝛿Mo = Z[\2
R2

 (2.14) 

𝛿$o = -012
R/,

= 3
,( +
60!7

% +
6012

)
 (2.15) 

Here, 𝛿Mo and 𝛿n$ represent the digital resolutions in lateral and axial directions, respectively. In Equation 

(2.14), 𝐹𝑂𝑉M is the field of view in the X direction and 𝑁M is the total number of pixels, or A-scans in 

the X direction. The Y direction is described by the same expression. For Equation (2.15), 𝑁 is the total 

number of camera pixels used for spectral collection. The factor of 1/2 in the denominator is indicative 

of a mirror artifact arising from the Fourier transform. To prevent aliasing, the digital resolution of the 

system should be at least half of the actual resolution, in accordance with the Nyquist-Shannon 

sampling theorem. 



 

 15 

2.4.6 Signal-to-Noise Ratio 

For OCT, the system’s SNR is defined as: 

𝑆𝑁𝑅 = 〈_8〉(

a(
 (2.16) 

which is the ratio of the mean-square peak signal power, 〈𝐼b〉,, on the detector to the noise variance, 

𝜎,. Based on Equation (2.2), if only the signal at 𝑧) = 𝑧.  is considered, then the cross-correlation 

intensity can be expressed as: 

𝐼?? = 𝜌(𝑘)𝑠,(𝑘):𝑟)𝑟. (2.17) 

Given a specific camera integration time 𝜏, and camera quantum efficiency 𝜂, Equation (2.17) can be 

modified as follows: 

𝐼b =
cd
ef
𝑠,(𝑘):𝑟)𝑟. (2.18) 

Here, ℎ is the Planck’s constant and 𝜈 is the photon frequency of photons. Assuming the shot-noise-

limit condition, the noise on the detector is dominated by the direct reflection from the reference arm 

and the noise variance follows the Poisson distribution as: 

𝜎, = 𝑠,(𝑘)𝑟)
cd
ef

 (2.19) 

Combining Equations (2.16), (2.18) and (2.19) yields: 

𝑆𝑁𝑅 = cd
ef
𝑠,(𝑘)𝑟. =

cdg#
ef

 (2.20) 

Equation (2.20) describes the OCT SNR assuming a perfect detector for the interference fringes. 

However, as briefly mentioned in Section 2.4.4, the interference fringe frequency is a depth-dependent 

quantity. According to the Nyquist-Shannon sampling theorem, a higher-frequency fringe may be less 

effectively differentiated by a detector with a finite number of pixels, leading to a drop in SNR. This 

phenomenon is known as SNR roll-off [42]. It is also important to note that although the terms “SNR” 

and “sensitivity” can be defined differently under various scenarios, for the purposes of this thesis, the 

two terms are used interchangeably. 

2.5 Dynamic OCT 

Dynamic OCT (dOCT) extends conventional OCT by utilizing temporal variations in the OCT signal, 

which are measured by taking multiple exposures at the same location at different times, to provide 
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contrasts in morphological images. This technique enables differentiation of tissues that appear 

homogeneous in standard images [35, 43], identification of cells with minimal intensity [44, 45], and 

facilitates the study of metabolic activities ranging from individual cells to cell clusters [46-49]. 

Additionally, it aids in the investigation of intracellular motions, among other applications [50-53]. 

Various analytical methods for intensity variation, such as time-dependent motility amplitude [54], 

intensity variance [48], signal correlation decay speed [49], mean frequency [55], and eigenvalue 

decomposition [56], are employed to extract the dOCT signal – each offering distinct advantages. The 

dOCT data collection system and the dOCT algorithm used in this thesis, as well as their various 

applications to biological tissues, will be discussed in detail in Chapters 5. 
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Chapter 3 
Powell lens-based line-field optical coherence tomography system 

for cellular resolution imaging of biological tissues 

3.1 Introduction 

OCT technology can be classified in three categories, point-scanning, full field and line field, based on 

the scanning approach used for generation of volumetric images [1]. In point-scanning OCT (PS-OCT) 

a focused Gaussian beam is raster scanned in the transverse (XY) plane while simultaneously recording 

depth profiles (Z) for generation of a 3D image. Jitter from the mechanical scanning causes phase 

instability in the X and Y directions in the acquired imaging data. This phase instability can hinder the 

ability of OCT technology to measure accurately blood flow or functional responses of neural tissue to 

external stimulation and can cause motion artefacts in OCT images acquired with spatial resolution of 

∼ 1 μm. In Full Field OCT (FF-OCT), a wide optical beam is incident on the surface of the imaged 

object and scattered light from is projected onto the sensor of a 2D camera. Volumetric FF-OCT images 

are acquired by translating the focal plane in Z direction with simultaneous change of the optical 

pathlength in the reference arm of the system. Since there is no mechanical scanning in the XY plane, 

FF-OCT offers high phase stability in the transverse imaging plane [1,2]. In Line-Scan (LS) or Line-

Field (LF) OCT, a line shaped beam is projected onto the surface of the imaged object and scanned in 

Y direction while data in Z direction is acquired simultaneously to form a volumetric image [3]. 

Therefore, LF-OCT offers high phase stability in the XZ plane with some scanning mirror jitter related 

phase instability in the Y scanning direction [4]. 

While the concept of LF-OCT was first proposed two decades ago [5], it took more than a decade 

for suitable fast, 2D camera technology to be developed. Over the past ∼10 years multiple research 

groups have developed LF-OCT for structural [6], vascular [7,8] and functional [9–11] imaging of the 

human retina, cellular resolution imaging of the human cornea and limbus [12], as well as cellular 

resolution imaging of human skin [13–16]. 

Almost all LF-OCT systems that have been reported so far use a cylindrical lens as the line generator, 

which results in an elliptically shaped transverse profile of the beam with Gaussian intensity distribution 

along the major and minor axis of the ellipse. This leads to progressive loss of image contrast from the 

center of the line (B-scan width) to its edges. The typical quick solution to this problem adopted by 
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many research groups is to simply cut the low contrast areas of the acquired LF-OCT image. However, 

this approach is wasteful as it significantly reduces the image FOV. Expanding the line length by a 

factor of 4x or more and using only the central part of the Gaussian profile for imaging can reduce the 

loss of image contrast in cylindrical lens based LF-OCT systems. However, this approach has multiple 

drawbacks: a) waste > 50% of the optical power, which will require much more powerful light source 

to compensate for such a loss; b) require lenses with much larger focal lengths, that will increase the 

footprint of the LF-OCT system; c) parts of the laser line that are not used for imaging present a safety 

hazard for both the operator of the system and the imaged subject, therefore they need to be properly 

blocked, which may not be a trivial task. Digital compensation of the sensitivity loss is another option, 

though it will result in progressively higher noise level from the center to the edges of the FOV in the 

line direction. 

An alternative approach is to replace the cylindrical lens with a Powell lens, which generates a top-

hat light intensity profile in the line-direction. The Powell lens has been used as line a generator for 

numerous industrial applications for decades since its invention [17]. However, the first Powell lens-

based LF-SD-OCT (PL-LF-SD-OCT) system was only reported recently [18]. While the design of this 

system is compact, simple and likely offers easy optical alignment, it has significant limitations in terms 

of spatial resolution and sensitivity. The authors used 15 mW optical power incident on the imaged 

biological tissue sample to achieve ∼87 dB maximum sensitivity at an imaging rate of 3,500. This 

power exceeds the maximum permissible exposure (MPE) for ocular tissues as defined by the ANSI 

standard [19] by more than 3 times. Furthermore, the system has ∼16 dB sensitivity roll-off and nearly 

2× degradation of the FWHM of the axial PSF over a scanning range of ∼ 850 μm (from ∼2 μm near 

the zero-delay line to ∼ 4 μm at 850 μm depth). Therefore, this design of the PL-LF-SD-OCT system 

may not be suitable for ophthalmic applications. 

Here, a novel design of a PL-LF-SD-OCT system is presented, which offers ∼2 μm × 2 μm × 1.8 μm 

(x × y × z) resolution in free space, ∼87 dB maximum for 2.5 mW imaging power at 2,000 fps image 

acquisition rate. More importantly, the sensitivity loss in a single B-scan along the line direction is only 

∼1.6 dB. The system was validated by imaging plant tissue (cucumber) and animal cornea (rats). 
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3.2 Methods 

3.2.1 Powell lens 

Line generators such as cylindrical lenses and Powell lenses are designed to convert circularly shaped 

optical beams to line-shaped beams by restricting the propagation of light only in one of the transverse 

directions of the beam. Cylindrical lenses utilize a two-dimensional spherically shaped front surface, 

to bend the incident beam in one direction while leaving the orthogonal direction unchanged such that 

a line-shaped beam is formed. The line-shaped beam maintains Gaussian intensity distribution along 

the line direction (Fig. 3.1(A)–1(C)). In contrast, Powell lenses utilize a two-dimensional aspherical, 

conically shaped front surface, described with Equation (3.1): 

𝑧(𝑟) = ?/(

3hH3%(3h#)(?/()
 (3.1) 

to generate a line-shaped beam with almost uniform intensity distribution along the line direction (Fig. 

3.1(D)–1(F)) by introducing spherical aberrations in the original light profile [17, 20]. Here r is the 

radial distance from the light propagating axis, k is the conic parameter, and c is the radius of curvature 

of a sphere. Since the Powell lens does not have a focus, the concept of fan angle, which is the maximum 

expansion angle of the beam in the line direction, is used to characterize the lens. The back surface of 

the Powell lens can be either planar or curved, and its profile is used to control the fan angle size. 

 

Fig. 3.1. Zemax simulations of beam propagation though a cylindrical lens (A) and a Powell lens (D). 

1D and 2D cross-sectional light intensity distributions for the cylindrical (B and C) and Powell (E and 

F) lenses. 
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3.2.2 Layout of PL-LF-SD-OCT system 

A schematic diagram of the PL-LF-SD-OCT system is shown in Fig. 3.2. The system is powered by a 

supercontinuum laser (SuperK Extreme, NKT Phonics). A custom filter unit (combination of long pass 

(600 nm cut-off), short pass (875 nm cut-off) and neutral density (ND) filters) is used to select a portion 

of the emission spectrum suitable for this study. A reflective collimator (RC04APC-P01, Thorlabs) is 

used to generate a collimated beam with 3.9 mm 1/e2 diameter and the measured output power directly 

after the collimator is ∼12 mW. A Powell lens with 5° fan angle (Laserline Optics) is used to generate 

a line-shaped beam in the vertical (Y) direction. A telecentric pair of achromat doublets L1 (f = 75 mm) 

and L2 (f = 100 mm) is used to relay and magnify the beam. A non-polarizing beamsplitter (70:30 (R: 

T), BS023, Thorlabs) is used to split the incident beam between the sample and the reference arms of 

the Michelson interferometer. Multiple slits are used throughout the system to eliminate unwanted 

reflections from the optical components. In the sample arm of the system, the beam is focused (in Y 

direction) onto a 1D galvanometric scanner (GVS011, Thorlabs) to allow for acquisition of volumetric 

images. A telecentric pair of achromat doublets L3 (f = 80 mm) and L4 (f = 100 mm) is used to relay 

and magnify the beam in order to partially fill (∼60%) the entrance aperture of a microscope objective 

(M Plan APO NIR 10×/0.26 NA, Mitutoyo). The optical power measured at the image plane is ∼2.5 

mW, which is below the maximum permissible exposure for human corneal and retinal tissue imaging 

as defined by the ANSI standard [19]. 

In the reference arm of the system, a cylindrical lens, CL1 (f = 75 mm) forms a telecentric pair with 

L2 in the vertical direction to convert the diverging line-shaped beam into an elliptically shaped parallel 

beam. Neutral density filters (NDF) are mounted along the optical path after CL1 to prevent saturation 

of the camera. A custom-built dispersion compensation unit (a pair of BK7 prisms) is used to 

compensate low orders of dispersion mismatch introduced by the optical components of the sample and 

reference arms (what we refer to as “hardware dispersion compensation”, or HDC). An iteration-based 

custom Python algorithm is used to numerically compensate dispersion mismatch with an approach 

similar to the one described in the Ref. [21]. An achromat doublet L5 (f = 30 mm) is used to focus the 

reference beam onto a mirror, mounted on a small translation stage. The mirror, L5 and the DC unit are 

mounted onto a large linear translation stage to control the optical path difference between two arms. 
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Fig. 3.2. A schematic diagram of the PL-LS-SD-OCT system. RC, reflective collimator; PL, Powell 

lens; L1-L6, achromatic doublets; BS, non-polarized beam splitter; CL, cylindrical lens; NDF, neutral 

density filter; TS, translation stage; DC, dispersion compensation unit; M, mirror; GS, galvanometric 

scanner; MO, microscopic objective; S, adjustable slit; G, transmissive grating; L8, camera lens; C, 

camera CMOS sensor. PL = 5° fan angle, L1 = 75 mm, L2=L4=100 mm, L3=80 mm, L5=30 mm, 

L6=200 mm, L8=85 mm, CL1=75 mm, CL2=150 mm, and CL3=250 mm. 

In the detection arm of the system, a combination of lenses, L6 and L7 is used to relay the beam to 

the spectrometer. L6 is an achromat doublet (f = 200 mm), while L7 represents a pair of cylindrical 

lenses CL2 (f = 150 mm) and CL3 (f = 250 mm) with mutually orthogonal orientation, that are used to 

control the magnification of the beam separately in the X and Y direction [9,22]. The spectrometer is 

comprised of a volume phase holographic (VPH) transmission grating (990 l/mm @ 805 nm, Wasatch 

Photonics), and a camera lens (Planar T* 1.4/85, Zeiss). The transmitted optical beam is projected onto 

the sensor of a 2D CMOS camera (J-PRI, AOS technologies). The camera sensor has an area of 2,560 

× 1,920 pixels, with a pixel size of 7.8 μm × 7.8 μm. For this design of the PL-LF-SD-OCT system, all 
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2,560 pixels were utilized in the spectral direction in order to achieve largest possible OCT scanning 

range. In the spatial (B-scan) direction, 600 pixels were used for volumetric image acquisition. The 

system’s acquisition rate was set to 2,000 fps to achieve system sensitivity sufficient for imaging semi-

transparent tissues such as cornea and retina. The maximum acquisition rate for the chosen region of 

interest (ROI) on the sensor (2,560 × 600 pixels) is 6,000 fps. 

3.2.3 Data acquisition and processing 

A custom LabVIEW-based algorithm was developed for data acquisition with the PL-LS-SD-OCT 

system. A set of custom Python-based algorithms were developed for processing of the raw data and 

generating dispersion compensated images. Amira (ThermoFisher Scientific) was used to render 

volumetric images and display enface projections from selected ROI. 

3.3 Results 

3.3.1 System performance 

The performance of the PL-LF-SD-OCT system in terms of resolution and sensitivity was evaluated 

using either a protected silver mirror or a United States Air Force (USAF 1951) resolution target as the 

imaged object, and results from the tests are summarized in Fig. 3.3. The spectra measured separately 

at the detection arm of the system from mirror reflections in the reference and sample arms of the 

system are shown in Fig. 3.3(A). Note that the spectra were generated by averaging 50 consecutive 

frames to suppress the effect from the relative intensity noise (RIN) of the light source. The detected 

spectrum is centered at 730 nm with a FWHM spectral bandwidth of 135 nm. Figure 3.3(B) shows the 

system’s axial point-spread function (PSF) measured at a depth of 100 μm relative to the zero-delay 

line after hardware dispersion compensation (HDC) only (black color) and after additional software 

dispersion compensation (SDC, red color). The PSF’s FWHM is ∼1.8 μm in free space, corresponding 

to ∼1.3 μm in biological tissue assuming an averaged refractive index of 1.38. The system’s axial 

resolution degrades slowly with depth, only by ∼6% over 1 mm scanning range (Fig. 3.3(C)). The 

system’s sensitivity was measured for ∼2.5 mW incident optical power and 2,000 fps camera rate. As 

shown in Fig. 3.3(D), the median sensitivity measured at a depth of ∼100 μm is ∼87 dB with ∼ 6 dB 

sensitivity roll-off over 700 μm and ∼13 dB roll-off over the 1 mm scanning range. Figure 3.3(E) shows 

the sensitivity results for all 600 A-scans within a single B-scan, measured at a depth location of 100 
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μm away from the zero-delay line. These results show only ∼1.6 dB loss of sensitivity from the highest 

peak of the B-scan to its edges. 

 

Fig. 3.3. (A) Spectra from the reference and sample arms measured at the detection end of the system. 

(B) Axial PSF measured at depth of 100 μm after HDC and HDC + SDC. (C) Depth-dependent 

degradation of the axial resolution. (D) Depth-dependent sensitivity. (E) Sensitivity distribution along 

the B-scan, measured at 100 μm depth. (F) Image of the USAF 1951 resolution target. (G) 

Normalized intensity profiles acquired from Group 7, Element 6 at the locations marked with the 

green and red lines in Fig. 3.3(F). 

The system’s lateral resolution and Field of View (FOV) were evaluated by imaging a USAF 1951 

resolution target. With the current design of the system, the FOV is 263 μm (X) × 658 μm (Y), 

corresponding to 300 B-scans (X) and 600 A-scans in each B-scan (Y). Figure 3.3(F) shows an image 

of groups 6 and 7 of the resolution target. The intensity plots shown in Fig. 3.3(G) correspond to the 
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locations in Fig. 3.3(F) marked with the green and red lines. Since both the horizontal and vertical bars 

of group 7, element 6 can be clearly resolved and the width of 1 line of this element is equivalent to 

∼2.2 μm, therefore both the horizontal and vertical transverse resolution of the PL-LF-SD-OCT system 

are better than 2.2 μm. 

3.3.2 Images of biological tissues 

While the PL-LF-SD-OCT system is designed for imaging the human anterior eye segment (cornea and 

limbus), due to COVID-19 related restrictions on conducting clinical imaging studies, ethics clearance 

for use of the PL-LF-SD-OCT system for in-vivo imaging of the human anterior segment (cornea and 

limbus) has been delayed. Therefore, the performance of the system was evaluated by imaging plant 

tissue such as cucumber that has optical properties and cellular structure with size of the smallest cells 

similar to that of the human cornea, as well as imaging animal corneas (rats). For all imaging sessions, 

the optical power incident on the surface of the imaged object was 2.5 mW and the camera acquisition 

rate was set to 2,000 fps. 

3.3.2.1 Cucumber 

Figure 3.4 (A) shows a digital photograph of a transverse slice from cucumber. A magnified view (6×) 

of the ROI marked with the red square in Fig. 3.4(A) is shown in Fig. 3.4(B). The red arrow marks a 

cucumber seed with semi-transparent surrounding tissues. Figures 3.4 (C-H) were generated using 

Amira software. XZ, YZ and enface (XY) images of the cucumber seed and the surrounding tissue are 

shown in Fig. 3.4(C), 3.4(D) and 3.4E respectively, while Fig. 3.4(F) shows a volumetric image of the 

same region. Figures 3.3 (H) and 3.3 (G) show two enface images from the same 3D stack that 

correspond to different depths. Small cells of ∼10 μm in size (Fig. 3.3 G, red arrow) located along the 

boundary of the cucumber seed (white arrow), as well as cellular nuclei in the larger cells are clearly 

resolved. Small reflective features were observed in the cytoplasm of larger cells (Fig. 3.3 H, green 

arrow), as well as double nuclei in one of the larger cells (Fig. 3.3 H, blue arrow). 
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Fig. 3.4. Images of cucumber tissue. Digital photograph of transverse slide from cucumber (A). 

magnified view of the region of interest marked with the red square (B). PL-LS-SD-OCT images of the 

cucumber: XZ projection (C), YZ projection (D), enface projection (E), volumetric image (F), two 

enface projections corresponding to different depths (H and G). Cellular features are marked with 

colored arrows in Figs. 4 H and 4G: seed (white), small cells (red), cellular nuclei (orange), reflective 

features in the cytoplasm (green), cell with 2 nuclei (blue). 

3.3.2.2 Rat cornea 

The corneas of male Sprague-Dawley rats (∼ 1 year old) were imaged with the PL-LF-SD-OCT system. 

All imaging sessions were conducted in compliance with the ethics regulations of the Office of 

Research Ethics, University of Waterloo. Immediately after euthanasia, rats were placed on a holder 

mounted on a XYZ translations stage as shown in the digital photograph in Fig. 3.5(A). A representative 

B-scan (XZ direction) of the rat cornea is shown in Fig. 3.5(B). 

While all 5 of the major corneal layers (EPI – epithelium; BM – Bowman’s membrane; STR – 

stroma; DM - Descemet’s membrane; and END – endothelium) [23–25] are clearly resolved in the 
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image, many of these layers appear blurred. The blur is caused by the very short (∼18 μm) depth-of-

focus of the current design of the PL-LF-SD-OCT system. For the imaging data presented in Fig. 3.5 

(B-D), the focal plane of the microscope objective was positioned at the anterior stroma to allow for 

imaging of keratocyte cells. The red arrow in Fig. 3.5(B) marks the Bowman’s membrane, while the 

green arrow marks the basal cell layer in the corneal epithelium. Figures 3.5(C) and 3.5(D) show enface 

projections acquired from different locations the anterior and posterior stroma respectively. The yellow 

arrows mark stromal keratocytes, the blue arrow – thin corneal nerves in the anterior stroma, white 

arrow – larger stomal nerve located in the posterior stroma. 

 

Fig. 3.5. (A) Digital photograph of the imaged animal. (B) Representative B-scan of the rat cornea 

(B) EPI -Epithelium; BM – Bowman’s membrane; STR - Stroma; DM - Descemet’s membrane; END 

- Endothelium; Red arrow: Bowman’s layer, green arrow – basal cell layer of the epithelium. Enface 

projections acquired from the anterior (C) and posterior (D) stroma. Arrows mark: keratocytes 

(yellow); thin nerves in the anterior stroma (blue); thick nerve in the posterior stroma (white). 

Cross-sectional and enface images of the posterior rat cornea that were acquired with the focal plane 

positioned at the endothelial layer are shown in Fig. 3.6. The cross-sectional images (Fig. 3.6(A) and 

3.6(B)) were flattened and enface images of the endothelial layer (Fig. 3.6(C) and 3.6(D)) were 

generated using maximum intensity projection (MIP). The enface images (Fig. 3.6(C) and 3.6(D)) 

clearly show the honeycomb-like pattern of the endothelial cells, as well as dark, round spots inside the 
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cells that could correspond to cellular nuclei (red arrows) [12,25]. Line artefacts in the enface images 

(Fig. 3.6(D), blue arrow) are caused by the integer step-based flattening algorithm. 

 

Fig. 3.6. Images of the corneal endothelium. XZ (A) and YZ (B) cross-sectional images of the posterior 

cornea showing the Descemet’s membrane and the endothelium. Enface images of the endothelium (C) 

and (D) showing the cellular structure. Red arrows mark cellular nuclei, blue arrows mark artefacts 

generated by the integer-based flattening algorithm. 

3.4 Discussion 

The novel design of the PL-LF-SD-OCT system resulted in very high spatial resolution in biological 

tissue: ∼2 μm isotropic lateral and ∼ 1.3 μm axial (Fig. 3.3(B), 3.3 G and 3.3F), which was sufficient 

to visualize the cellular and sub-cellular structure of plant tissues (Fig. 3.4) and animal cornea (Fig. 3.5 

and Fig. 3.6). Furthermore, the broadening of the axial PSF function over the entire scanning range (1 

mm) was limited to only ∼ 6% (Fig. 3.3(C)) compared to nearly 100% change reported by the 

Singaporean research group [18] over a scanning range of ∼ 850 μm. Maximum sensitivity of 87 dB 

was achieved (Fig, 3.3D) for 2,000 fps image acquisition rate and 2.5 mW imaging power, which is 

well below the MPE recommended by the ANSI standard for in-vivo imaging of human ocular tissue. 

Given equal conditions (same frame rate and imaging power), the novel design proposed here offers an 
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improvement of ∼ 5 dB in the maximum sensitivity measured close to the zero-delay line, compared 

to the design proposed by the Singaporean group [18]. A very important feature of the proposed novel 

design is the small (only ∼ 1.6 dB) loss of sensitivity along the width of a B-scan (Fig. 3.3(E)), which 

is a very significant improvement compared to the sensitivity loss associated with LF-OCT systems 

based on cylindrical line generators (∼10 dB or higher) [5–10,12–15]. Since the Singaporean research 

group [18] has not reported the B-scan sensitivity loss for their design, unfortunately, we cannot provide 

direct comparison between the 2 designs at this time. 

In June 2022, our research group published a cylindrical lens-based design for a LF-SD-OCT system 

[12]. That design had two major limitations: a) Gaussian distribution of the optical power along the 

line, which resulted in ∼ 10 dB loss of sensitivity from the center to the edges of the FOV along the 

line direction; and b) simplified design of the detection arm that did not allow for separate optimization 

of the transverse OCT resolution in the X and Y direction. The LF-SD-OCT system utilized a femtolaser 

(INTEGRAL, Femtolasers GmbH) with 3 dB spectral bandwidth of 130 nm, centered at 785 nm to 

achieve 1.7 μm axial and ∼2 × 3 μm (X × Y) lateral resolution in biological tissue. The lower RIN of 

the femtolaser combined with the camera pixel size (11 μm × 11 μm) contributed to OCT system’s 

sensitivity of ∼92 dB measured near the zero-delay line for 2.6 mW optical power incident on the 

images object. 

The PL-LF-SD-OCT system described here was designed to overcome some of the limitations of the 

LF-SD-OCT system. The substitution of the cylindrical lens with a Powell lens reduced the loss of 

sensitivity across the FOV from ∼10 dB to ∼1.5 dB. The use of supercontinuum laser with spectrum 

centered at ∼730 nm and 3 dB spectral bandwidth of ∼135 nm resulted in improvement of the axial 

OCT resolution in biological tissue from 1.7 μm to 1.3 μm. The addition of 2 cylindrical lenses (CL2 

and CL3) in the detection arm of the PL-LF-SD-OCT system allowed for independent adjustment of 

the OCT lateral resolution in the X and Y direction. 

While the current design of the novel PL-LF-SD-OCT system offers sufficiently high spatial 

resolution and sensitivity for imaging the cellular structure of semi-transparent biological tissues such 

as cucumber (Fig. 3.4) and rat cornea (Fig. 3.5 and Fig. 3.6), the design leaves plenty of room for 

improvement: 

a) Depth of focus (DOF): The current design resulted in ∼18 μm DOF, which is too short for 

imaging the cellular structure of the human cornea in one volumetric data set, as seen in Fig. 
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5(B). One approach to resolving this issue would be to trade lateral resolution for extended DOF 

by replacing the microscope objective in the current design with a lower magnification one. 

However, this approach is not desirable, as it will compromise the ability to visualize the cellular 

structure of corneal tissue, which was the main goal for designing the new PL-LF-SD-OCT 

system. An alternative approach would be to apply digital adaptive optics (DAO) [7,26–29] to 

correct for defocus and higher order aberrations in the PL-LF-SD-OCT images. We plan to utilize 

this approach in the near future. 

b) Sensitivity and sensitivity roll-off: The current design offers maximum sensitivity of 87 dB 

near the zero-delay line with ∼13 dB sensitivity roll-off (Fig. 3.3(D)), which is sufficient for 

imaging the cellular structure of semi-transparent tissues such as the human and animal cornea, 

though will be problematic for imaging biological tissues that are more scattering such as skin. 

The sensitivity of the novel PL-LF-SD-OCT system is dependent on several factors: imaging 

power, image acquisition rate, efficiency of the optical design and RIN of the light source. 

Increasing safely the imaging power so that it is below the ANSI recommended MPE for ocular 

tissues is a very limited option, and in our case can result in only ∼1.5 dB sensitivity gain. 

Decreasing the camera acquisition rate to 1,000 fps will result in 3 dB sensitivity gain, however, 

this approach will introduce unwanted unvoluntary eye motion artefacts in the in-vivo human 

corneal images [8,30]. While the use of a broadband supercontinuum laser resulted in 

improvement of the PL-LF-SD-OCT axial resolution, the higher RIN noise of the laser in 

combination with the smaller pixel size (7.8 μm × 7.8 μm) of the AOS camera contributed to a 

slightly lower SNR (87 dB) measured near the zero-delay line with 2.5 mW imaging power. The 

use of low RIN light sources such as superluminescent diodes can further improve the SNR of 

the PL-LF-SD-OCT. The current optical design of the sample and detection arms of the PL-LF-

SD-OCT system includes a large number of optical components that are lossy. Optimizing the 

efficiency of the collection of light scattered from the imaged object should improve the system’s 

sensitivity. Furthermore, the smaller camera pixel size poses significant constraints on the optical 

design of the spectrometer and the PL-LF-SD-OCT system as a whole. The use of a camera with 

larger pixel size would improve the system’s sensitivity, as well as the sensitivity roll-off, 

however, this approach will result in shorter scanning range for the same spectral range. Camera 

efficiency is another factor that contributes to the system’s sensitivity. The use of cameras with 



 

 30 

better quantum efficiency would improve the system’s sensitivity and possibly the sensitivity 

roll-off. 

c) Powell lens: While the use of a Powell lens greatly reduced the loss of sensitivity along the width 

of a B-scan compared to cylindrical lens-based LF-OCT systems, integration of the Powell lens 

in an OCT system is challenging. The Powell lens is a type of aspherical lens that does not have 

focus. The center of the optical beam incident on the lens needs to be precisely aligned with the 

conical tip in the transverse direction and must be coaxial with the central axis of the lens. Even 

small later shifts or tipping the beam relative to the axial direction results in non-uniform 

distribution of the optical power along the line length. As the Powell lens does not have a very 

well-defined focus, it is difficult to generate a collimated beam of the OCT system to allow for 

changes in the reference pathlength without significant loss of system’s sensitivity due to 

misalignment between the refence and sample arm beams. In our case, this issue was resolved 

by use of a cylindrical lens in the reference arm to convert the line-shaped beam to an 

approximately circular and collimated beam in the reference arm of the system. Also, it should 

be noted that the quality of the Powell lens varies between manufacturers and imprecision in the 

Powell lens design can affect negatively both the resolution and the sensitivity of the PL-LF-SD-

OCT system. 

While only images of rodent cornea acquired postmortem were presented in this paper (Fig. 3.5 and 

Fig. 3.6), future biomedical applications of the novel PL-LF-SD-OCT system will focus on in-vivo 

imaging studies of the healthy and pathological human cornea and limbus. The design of the system 

can be adapted for retinal imaging by re-designing the sample arm of the PL-LF-SD-OCT system. By 

increasing the imaging power and decreasing the image acquisition rate, the current design of the 

system may also be suitable for imaging skin, as well as other highly scattering biological tissues and 

different biomedical applications. 

3.5 Conclusion 

A novel PL-LF-SD-OCT system that utilizes a Powell lens instead of cylindrical lens as the line 

generator was developed. This design resulted in significantly improved uniformity of the illumination 

along the line direction and only ∼ 1.6 dB sensitivity loss between the B-scan’s center and edges. The 

system’s high spatial resolution allowed for imaging the cellular structure of plant tissues and the 

animal cornea, as well as resolving small morphological features such as cellular nuclei in the 
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endothelial cells. Future clinical applications of the PL-LS-SD-OCT system include in-vivo imaging 

of the healthy and pathological human cornea and limbus. 
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Chapter 4 
Powell lens-based Line-Field OCT for in-vivo, contact-less, cellular 

resolution imaging of the human cornea 

4.1 Introductions 

The cornea is the transparent multilayered tissue at the front part of the eye that accounts for 

approximately two-thirds of the eye’s total refractive power [1]. Degenerative, infectious and inherited 

corneal pathologies such as keratoconus, Fuch’s dystrophy, etc. constitute the 4th leading cause of 

blindness worldwide after cataract, glaucoma, and age-related macular degeneration [2], At the early 

stages of their development, these diseases alter the corneal morphology at the cellular level. Therefore, 

the early diagnostic of corneal pathologies and the effective planning of therapeutic approaches are 

strongly dependent on the ability of imaging technologies to visualize, identify, and characterize the 

cellular structure of the cornea in-vivo. 

Over the past three decades, different designs of OCT technology were utilized for imaging the 

human cornea in-vivo. Point-scanning spectral-domain (SD) OCT offers the advantage of ultrahigh 

resolution, in the order of 1 μm in the corneal tissue, by utilizing broadband light sources [3-9]. 

However, the relatively slow image acquisition rates in those studies (< 100 kHz) prevented acquisition 

of volumetric OCT images due to presence of strong, involuntary eye motion artefacts. Our research 

group utilized a linear-array camera with 250 kHz image data acquisition rate to generate in a 

contactless way the first, in-vivo, volumetric SD-OCT images of the healthy human cornea with spatial 

resolution sufficient to visualize the cellular structure of all corneal layers [10]. However, eye motion 

artifacts were still noticeable in the 3D images and the Field-of-View (FOV) was restricted to less than 

200 × 200 μm2. 

Full-field (FF) time-domain (TD) OCT combines very high transverse resolution (~1 μm) and 

relative insensitivity of the images to optical aberrations [11-13], which allows FF-TD-OCT to image 

the cellular structure of the human corneal stroma and endothelium both ex-vivo [14-16] and in-vivo 

[17, 18]. However, FF-TD-OCT was not able to resolve cells in the corneal epithelium due to the limited 

dynamic range of the area camera, resulting in limited Signal-to-Nosie Ratio (SNR) [18]. FF swept-

source (SS) OCT utilizes a rapidly tunable light source to generate high resolution, volumetric images 

of the human cornea. This technology offers better sensitivity and faster volumetric acquisition rate 
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compared to FF-TD-OCT, as well as high phase stability of the enface OCT images, necessary for 

digital correction of aberrations [19]. However, the axial resolution of FF-SS-OCT technology is 

limited to ~5 µm in corneal tissue due to the fairly narrow tunable range of the light source, which is 

insufficient for visualization and precise morphometry of the thin corneal layers such as the 

endothelium and the pre-Descemet’s layer, whose thickness is comparable to the FF-SS-OCT axial 

resolution. 

Line-Field SD-OCT (LF-SD-OCT) offers a much faster data acquisition rate compared to point-

scanning SD-OCT, by projecting a line-shaped beam onto the imaged object, scanning the beam only 

in one direction and utilizing an ultrafast area camera at the detection end of the system. Although the 

concept of LF-OCT was published more than two decades ago [20], the use of this technology for in-

vivo imaging of the human retinal structure and blood flow [21] and the retinal response to visual 

stimulation [22] was only reported recently. Our research group pioneered the use of LF-SD-OCT for 

in-vivo human corneal imaging and demonstrated that the combination of high spatial resolution and 

fast imaging allows for volumetric visualization of the corneal cellular structure [23]. A more recent 

publication from another research group reported a cylindrical lens-based LF-SD-OCT system with 

more affordable light source and area camera [24]. However, the significantly lower system sensitivity 

and axial resolution resulted in overall reduced quality of the human corneal images. One limitation of 

the original design of our corneal LF-SD-OCT system was the use of a cylindrical lens as the line 

generator. This resulted in a Gaussian distribution of the optical power along the length and width of 

the line-shaped beam, which contributed to > 10 dB sensitivity loss between the center and the edges 

of the LF-SD-OCT corneal images. Recently, our research group explored the use of a Powell lens as 

the line generator in a LF-SDOCT system that offers a “Top-Hat” optical power distribution along the 

length of the line beam [25]. The use of the Powell lens reduced the sensitivity roll off from the center 

to the edges of the LF-SD-OCT images to < 3 dB and allowed for significant expansion of the FOV. 

However, technical limitations with the area camera, the optical design and the light source prevented 

the use the first-generation Powell lens-based LF-SD-OCT (PL-LF-SD-OCT) system for in-vivo 

human corneal imaging. 

In this paper, we present a novel and significantly improved design of the PL-LF-SD-OCT system. 

The new design offers ~ 2.4 μm × 2.2 μm × 1.7 μm (x × y × z) resolution in biological tissue assuming 

an average refractive index of 1.38, maximum sensitivity of ~ 90 dB measured for data acquisition rate 

of 2,400 frames per second (fps) and 2.6 mW optical power incident on the corneal surface. 
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4.2 Methods 

4.2.1 System’s design 

The first-generation PL-LF-SD-OCT system published recently by our research group [25] had some 

limitations in terms of sensitivity, sensitivity roll-off, balance between transverse resolution and depth 

of focus (DOF) and camera triggering issues that limit the scanning direction FOV and prevent the safe, 

in-vivo, contactless imaging of the human cornea. In the second-generation PL-LF-SD-OCT system 

design presented here, the light source and camera were replaced with alternate options to improve the 

system’s sensitivity and resolve the camera triggering issues. The system’s optical design was also 

revised for better control of the sensitivity roll-off, finer digital resolution both in illumination line 

direction and spectral direction, and optimal trade-off between transverse resolution and DOF and 

expand DOF by ~2.5 times, which is important for in-vivo cellular resolution corneal imaging where 

involuntary eye motion in the axial direction can cause significant defocus and distortions of the OCT 

images. Detailed description of the new system design is presented below. 

At the first step, the optical design of the new PL-LF-SD-OCT system was simulated in Zemax 

OpticStudio (Ansys Inc.), assuming a central wavelength of 850 nm. AutoCAD and Inventor (Autodesk 

Inc.) were used to generate 2D and 3D mechanical layouts of the system based on the Zemax simulation, 

and a 3D printer (Photon M3 Premium, ANYCUBIC) was used to print some of the optomechanical 

components. The system was assembled on a 30 × 30 inch2 optical breadboard, with lens positions 

constrained precisely by 3D-printed spacers. A schematic diagram of the novel PL-LF-SD-OCT system 

is presented in Fig. 4.1, where the major components that were replaced relative to the original design 

are marked with red dashed lines. 
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Fig. 4.1. PL-LF-SD-OCT system layout. SLD: Superluminescent Diodes; RC: reflective collimator; 

PL: Powell lens; CL: cylindrical lens; BS: beamsplitter; GS: galvanometric scanner; L1-L3 and L5: 

achromatic doublet lens; G: grating; L6: camera lens; C: camera; S: slit; NDF: neutral density filter; 

M: mirror; TS: translation stage; DC: dispersion compensation unit. PL = 5º fan angle, CL1 = CL5 = 

75 mm, CL2 = CL3 = 100 mm, L1 = 80 mm, L2 = 100 mm, L3 = 40 mm, L5 = 125 mm, L6 = 85 

mm. 

4.2.1.1 Light source 

The original PL-LF-SD-OCT system design [25] utilized a supercontinuum light source (SuperK, NKT 

Photonics, Denmark), which has elevated relative intensity noise (RIN) that resulted in an overall 

reduced system’s sensitivity.  In the new design presented here, a custom broadband light source 

(cBLMD-T-850-HP, Superlum) comprised of three superluminescent diodes (SLDs) whose emissions 

that can be controlled individually, was utilized. The default version of this light source has an almost 

“Top-Hat” emission spectrum with some intensity modulations. For our study, the light source was 

customized to increase the spectral power of the emission spectrum at longer wavelengths in order to 
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compensate for the significant wavelength-dependent decrease of the camera’s quantum efficiency 

(QE). Fig. 4.2A shows the emission spectrum of the customized broadband light source as measured 

with a spectrum analyzer, as well as the QE response curve of the new camera (PCO, Germany). 

Figure 4.2B shows the sample and reference arms spectra of the interferometer, measured using 

silver-protected mirrors as targets. The two spectra have almost identical 3dB bandwidths of ~170 nm, 

centered at ~840 nm, resulting in axial point-spread function (PSF) of ~2.3 µm in free space, 

corresponding to ~1.7 µm in biological tissue assuming an average refractive index of 1.38 (Fig. 4.2C). 

The axial PSF displayed in Fig. 4.2C was generated by zero-padding the raw data before applying a 

Fast Fourier Transform (FFT). Both hardware (HDC) and software dispersion compensation (SDC) 

were applied to generate a symmetric axial PSF. 

4.2.1.2 Illumination and detection arm 

The illumination arm of the PL-LF-SD-OCT system is similar to the previously published version [24] 

with one major modification: the achromat doublets lens pair following the Powell lens was replaced 

with a cylindrical lens pair of the same focal lengths. This modification removed the magnification 

power applied in the X direction of the light by the original achromat doublets pair. This modification 

resulted in ~ 2.5 times extension of the system’s DOF with minimal change to the transverse resolution 

in the X direction. The extension of the DOF while preserving the system’s transverse resolution 

facilitated the in-vivo acquisition of volumetric images of the human cornea.  

In LF-OCT technology, the lens that generates the line-beam also decouples light propagation in the 

X and Y directions. The digital OCT resolution in the scanning direction, referred to as the X direction 

in this study, mirrors that of point-scanning SD-OCT systems and is dependent on the magnification 

power of the optical design, the pixel size of the area camera and the density of the scanning. However, 

the digital resolution in the line direction, or the Y direction in this study, is dependent on the total 

magnification power of the system in the line direction of the detection arm, as well as the camera pixel 

size. To adhere to the Nyquist-Shannon Sampling Theorem for signal processing, a high line-direction 

magnification power is needed to achieve cellular resolution. This, however, results in reduced 

magnification power in the X direction, or equivalently, a smaller incident light spot diameter before 

the camera due to the inverse conjugation between the XY magnification powers. This results in a larger 

focusing spot projected onto the camera sensor, introducing crosstalk between consecutive A- and B-

scans. In the new design of the PL-LF-SD-OCT system, we implemented an anamorphic cylindrical 
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lens pair design to control the system’s magnification in the X and Y directions independently [26, 27]. 

This modification allows for a much more flexible optical design of the entire system. 

The spectrometer at the detection end of the PL-LF-SD-OCT system was redesigned to include a 

new ultrahigh-speed area camera (pco.dimax cs4, PCO), featuring a full pixel range of 2016×2016 and 

a pixel size of 11×11 μm2. The larger pixel size contributed to the overall higher SNR of the new PL-

LF-SD-OCT system. Note that the new system design utilized only 1680 pixels in the spectral direction 

since the SLD light source has somewhat smaller spectral bandwidth compared to the SuperK 

supercontinuum laser used in the original design of the system [24], and 600 pixels in the line direction. 

The camera acquisition speed (B-scan rate) was set at ~2,380 fps, which is equivalent to an A-scan rate 

of ~1.43 MHz. With the current selection of the active pixel region (1680 × 600), the maximum 

achievable frame rate is ~4,400 fps (equivalent to 2.64 MHz A-scan rate), though increasing the camera 

rate to maximum while keeping all other factors the same would result in ~ 2.5 dB sensitivity drop. 

4.2.1.3 System performance 

Figure 4.2 summarizes the performance test results for the new PL-LF-SD-OCT system, that were 

conducted with ~2.6 mW optical imaging power incident on the imaged target and with image 

acquisition rate of 2,380 fps. Fig. 4.2D shows the sensitivity roll-off of the PL-LF-OCT system. The 

maximum sensitivity of 90.4 dB was measured at a depth of 100 μm, with 18dB sensitivity roll off over 

a scanning range of 1,400 μm. Fig. 4.2E shows the axial PSF width as a function of scanning depth. 

The axial PSF width remains at approximately 2.2 μm in free space for the initial 1.1 mm depth, then 

diverges to roughly 2.6 μm up to a scanning depth of 1.4 mm. This trend correlates with an almost 10 

dB sensitivity drop for depth locations between 1.1 mm and 1.4 mm. The most likely cause for this 

trend is the divergence of the optical beam in the reference arm of the system caused by the Powell 

lens. 

Figure 4.2F shows the B-scan sensitivity as a function of pixel, measured across all 600 pixels at an 

imaging depth of 100 μm. The novel design of the PL-LF-SD-OCT system results in only ~2.6 dB 

sensitivity difference between the center and the edges of the B-scan. Figure 4.2G shows a zoomed-in 

image of Group 6 and Element 7 of a reflective USAF 1951 resolution target acquired with the new 

PL-LF-Sd-OCT system. The coherence edge spread functions (cESFs) from the line direction and the 

scanning direction shown in Figures 4.2H and 4.2I respectively, generated from the data shown in Fig. 

4.2G, can be used to determine the system's lateral resolution. This resolution is defined as twice the 
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Full-Width-at-Half-Maximum (FWHM) of the coherence line spread function (cLSF) and can be 

calculated by taking the derivative of the cESFs. Using this methodology, the system's lateral resolution 

is measured to be 2.4 μm in the X direction and 2.18 μm in the Y direction. 

 

Fig. 4.2. (A) Emission spectrum of the customized SLD and QE of the camera. (B) Reference and 

sample arms spectra measured at the detection end of the PL-LF-SD-OCT system. (C) System’s axial 

PSF measured in free space at a scanning depth of ~100 µm. Black line shows PSF after hardware 

dispersion compensation (HDS) only, while the red line shows the PSF after software dispersion 

compensation. (D) Sensitivity roll-off. (E) Axial PSF width as a function of scanning depth. (F) B-

scan sensitivity across pixels in the scan direction. (G) Image of an USAF target. (H and I) lateral 

PSFs for the line and scan directions. 

4.2.2 Imaging protocol and imaging processing 

In-vivo human cornea imaging with the PL-LF-SD-OCT system has received full ethics clearance from 

the Research Ethics Office at the University of Waterloo. Corneal images were acquired from a 26-
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year-old healthy male volunteer. The subject's head was gently secured in a custom head support frame 

attached to XYZ translation stages to allow for alignment of the imaged eye with respect to the optical 

imaging beam. The imaging optical power incident on the corneal surface was 2.6 mW, which is 

significantly lower than the maximum permissible exposure for the human cornea and retina imaging, 

as stipulated by the ANSI standard [28]. Volumetric datasets comprising of 1,680 A-scans and 600 B-

scans were acquired at a rate of 2,380 fps. The corresponding FOV was 570 µm × 620 µm (X × Y). 

The acquisition duty cycle for one dataset is completed within 0.3 seconds, including the response times 

from the scanner and the camera. 

The raw PL-LF-SD-OCT images were dispersion compensated numerically, followed by cross-

correlation of consecutive B-scans to compensate for any involuntary eye motion. Afterwards, the 

images were flattened to compensate for the natural curvature of the cornea and allow for generation 

of flat enface images from different depths inside the cornea. For the flattening procedure, the corneal 

curvature was mapped separately for the XZ and YZ B-scans using a maximum intensity projection 

(MIP) method, by using the anterior surface of the corneal epithelium or the posterior surface of the 

corneal endothelium. A mask filter was applied to the MIP data to eliminate erroneously counted data 

from other regions, followed by a high-order polynomial fit applied to the reference curve. The 

volumetric dataset was flattened separately based on the XZ and YZ fits. 

A novel algorithm was developed for sharpening and suppressing speckle noise in the volumetric 

PL-LF-SD-OCT images. Briefly, the algorithm is based on the following principle: First, speckle in 

log-scale images is modeled as a stationary correlated noise. Subsequently, the derived model is fed 

into a self-similarity-based model alongside a log-scale intensity image to derive non-local structural 

priors. Moreover, the priors are integrated into a maximum-a-posteriori (MAP) reconstruction 

framework with additional regularization terms such as total variation (TV). The MAP framework 

generates a speckle-free and aberration-reduced image. 

4.3 Results 

Considering that the DOF of the current design of the PL-LF-SD-OCT system was ~30 μm, while the 

typical total human cornea thickness is in the range of  500 to 600 μm, volumetric images of the anterior, 

middle and posterior regions of the cornea were acquired separately by translating the image focal at 

the desired depth within the cornea. 
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4.3.1 Anterior cornea 

Figure 4.3 summarizes PL-LF-SD-OCT images acquired from the anterior cornea. Fig. 4.3A shows a 

volumetric image of the corneal epithelium and anterior stroma. The green arrow marks highly 

reflective features in the tear film layer that most like correspond to cellular debris. A representative B-

scan from the volumetric data set is presented in Fig. 4.3B. The cellular structure of the corneal 

epithelium (EPI) and he boundaries of the Bowman’s membrane (BM) are clearly visible. Keratocytes 

in the stroma (STR) appear white reflective dashes. Since the focal plane was located close to the 

EPI/BM boundary and the DOF was about 2 time smaller than the thickness of the corneal EPI, both 

the superficial EPI cells and keratocytes located farther away from the BM surface appear blurred. The 

small reflective feature at the EPI/BM boundary, marked with the red arrow corresponds to a cross-

section of a sub-basal cornea nerve. An enface image of the EPI/BM interface generated from the 

volumetric data set shows a group of sub-basal corneal nerves (Fig. 4.3C). The dark horizontal lines in 

the image correspond to fast axial eye motion that causes defocus in the OCT images and resulted in 

lower image contrast. 

Figures 4.3D-4.3F show enface images of the wing cells of the corneal EPI for different 

magnifications. Individual epithelial cells are resolved over a FOV of ~ 550 µm × 550 µm (Fig. 4.3D), 

while individual cellular nuclei are resolved under higher magnification from the same data set (Fig. 

4.3F, red arrows). 
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Fig. 4.3. PL-LF-SD-OCT images of the anterior human cornea. (A) Volumetric image. Green arrow 

marks hyper-reflective structures in the tear film. (B) B-scan showing the cellular structure. EPI: 

epithelium, BM: Bowman’s membrane, STR: Stroma. (C) Enface image of sub-basal nerves. (D-F) 

Enface images of the wing cells in the corneal EPI under different magnification. Red arrows in (F) 

mark reflections from cellular nuclei. 

4.3.2 Corneal stroma 

Figure 4.4 shows PL-LF-SD-OCT images acquired at different depth locations in the corneal stroma. 

Figures 4.4A-4.4D show the original images, while Figures 4.4E-4.4H show the same images after 

processing with the novel image processing algorithm. High density, smaller sized keratocytes are 

observed close to the BM/ STR interface (Figs. 4.4A and 4.4E). The density of the keratocytes decreases 

progressively with depth, while their size increases (Figs 4.4B, 4.4C, 4.4F and 4.4G). A thin stromal 

nerve is visible in the anterior stroma (Figs 4.4C and 4.4G). The density of keratocytes in the posterior 

stroma, close to the Descemet’s membrane (DM) is very low and thin processes connecting the 

individual cells are observed in the images (Figs. 4.4D and 4.4H). 
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Fig. 4.4. PL-LF-SD-OCT images of the corneal stroma acquired at different depth locations relative 

to the BM/STR interface. (A-D) raw images. (E-H) same images processed with the novel image 

processing algorithm. 

4.3.3 Posterior cornea 

Figure 4.5 shows PL-LF-SD-OCT images acquired from the posterior cornea. A volumetric image is 

shown in Fig. 4.5A. Residual eye motion artefacts are visible in the scan direction. A representative B-

scan is shown in Fig. 4.5B, where the imaging plane was focused close to the posterior surface of the 

endothelial layer (END). The image clearly shows the multi-layered structure of the posterior cornea. 

Fig. 4.5C shown the same image with boundaries of the END, the Descemet’s membrane (DM) and the 

pre-Descemet’s layer (PDL) are marked with red and blue dashed lines respectively. The system’s 

digital axal resolution is high enough not only to visualize these 3 corneal layers, but also to measure 

their average thickness: END – 5.2 µm, DM – 7.4 µm and PDL – 4.7 µm. These values agree well with 

data from anatomical studies [6, 29]. Fig. 4.5D shows a B-scan from the scanning direction, generated 

from the volumetric data set. While the 3 posterior corneal layers are clearly identified in the image, 

residual eye motion artefact was present that caused challenges in generating enface images of the END 

that were in-focus over the entire FOV. Enface images of the corneal END that were generated using 

MIP over the thickness of the END layer, are shown in Figs. 4.5E and 4.5F under different 

magnification. While the cellular structure of the END is clearly visible in both images, the eye-motion 

induced blur is visible in some locations of the image in Fig. 4.5E. 



 

 45 

 

Fig. 4.5. PL-LF-SD-OCT images of the posterior human cornea. (A)Volumetric image. (B) B-scan of 

posterior human cornea. (C) B-scan of posterior human cornea with different layers labelled. (D) YZ 

(scanning direction) view of the posterior human cornea. (E) Enface view of endothelium cells. (F) 

magnetified region from (E). 

4.4 Discussion 

1) Light source and spectral shape: the SLD used in this study offered a low RIN, which allowed for  

~1.5 dB improvement of the sensitivity of the new PL-LF-SD-OCT system for the same optical imaging 

power, compared to the supercontinuum light source reported in our previous study [25]. The uneven 

emission power of the SLD channels resulted in an almost top-hat detection spectrum on the 

spectrometer side, yielding a measured axial resolution close to the theoretical value that this light 

source could achieve (~2.26 μm measured vs. ~2.06 μm theoretical). The infrared (IR) side of the 

sample arm spectrum (Fig. 4.2B) appears to have lower intensity than expected. Given that the two 

arms share most of the optical path, use lenses from the same manufacturer with the same coating within 

each arm, and the spectrum is measured with the same reflective mirror, it is likely that this difference 

is associated with the transmission function of the microscopic objective or chromatic aberrations. 

2) Sensitivity: The novel PL-LF-SD-OCT system achieved sensitivity of ~90 dB at a 100 μm depth for 

acquisition speed of ~2,400 fps and incident power of about 2.6 mW. For comparison, our previously 

reported system [25] achieved maximum sensitivity of ~ 87 dB at a 100 μm depth with an acquisition 
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speed of ~2,000 fps and an incident power of ~2.5 mW. The enhanced SNR is primarily due to three 

factors: a) the lower RIN of the SLD light source, b) the larger pixel size and increased quantum well 

capacity of the PCO camera, and c) the higher QE of the PCO camera at the same wavelength. The 

improved sensitivity enables the new PL-LF-SD-OCT system to resolve low-contrast structures, such 

as the epithelial wing cells, a feat that was not achievable with the previous system, despite its higher 

spatial resolution. 

3) Correction of eye motion artefacts: The flattening algorithm discussed in section 4.3 can enhance 

enface visualization by compensating for the inherent curvature of the cornea as well as eye movements. 

However, it does not aid in correcting defocusing caused by motion, nor the shift in focus due to the 

curvature of the eye. As illustrated in Figs. 4.3C, 4.3D, 4.5D and 4.5F, even at image acquisition rates 

of ~2,400 fps, it is still likely to capture fast axial motion in the range of 50 – 70 μm, which causes 

defocusing of the corneal images and reduces the visibility of epithelial and endothelial cells. To 

address this issue, three improvements could be considered: a) Further reducing the lateral resolution 

to increase the DOF. Currently, the system has a DOF of ~30 μm for a scanning lateral resolution of 

~2.4 μm. Lowering it to ~3 μm could provide an additional 20-μm DOF. However, this could result in 

the inability to resolve cellular structures when in focus, and also spread the incident energy over a 

larger axial range, lowering the contrast of the image within the coherence length plane. b) Further 

increasing the acquisition speed for an even shorter volumetric data acquisition period. Doubling the 

acquisition speed could reduce eye motion from ~50-70 μm to ~25-35 μm, assuming a linear trend. 

However, this approach will result in ~3 dB sensitivity loss in sensitivity and affect the system's ability 

to resolve low contrast structures such as epithelial cells. c) Using Adaptive Optics (AO) or Digital 

Adaptive Optics (DAO) to correct defocus aberration. While the hardware approach could lead to a 

more complex and expensive system design and pose challenges to system alignment and maintenance, 

the DAO approach, especially correction for chromatic source defocusing is feasible and is currently 

under investigation. 

4) Powell lens and light spectrum uniformity: In our previous study, we reported a line direction 

sensitivity fluctuation of ~1.6 dB, and for the current study, a ~2.6 dB fluctuation. The decrease in 

sensitivity uniformity stems from two primary factors: a) The Powell lens used in this study is designed 

based on visible wavelength monochromatic light. The emission spectrum we are working with for this 

study has a similar full spectral bandwidth compared to the previous study but is more shifted towards 

the IR region. This shift towards the IR spectrum has degraded the lens performance. It is possible to 
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design the Powell lens achromatically with a secondary surface added for chromatic aberration 

correction, similar to achromatic doublet lenses. However, to our best knowledge, no such product has 

been released yet. b) The line direction digital resolution is determined by the ratio of pixel size to line 

direction magnification power. The camera pixel size in this study is larger than before (11 μm 

compared to 7.8 μm), while we designed a digital resolution even higher than before (1.05 μm compared 

to 1.1 μm). This approach magnifies the line to a larger size, causing the edge of the line to pass through 

more off-axis lens regions than before, thereby experiencing degraded lens performance. This issue 

could be resolved by working with smaller camera pixels, reducing the desired digital resolution, or 

working with a larger diameter lens. It is crucial to note that due to the overall increase in the system's 

SNR performance, even the point with the lowest SNR on the line in this study still has a higher SNR 

than the maximum SNR measured in the previous study. 

4.5 Conclusion 

We have developed a new design for a PL-LF-SD-OCT system with improved sensitivity, larger FOV 

and demonstrate the suitability of the system for in-vivo, contactless, volumetric imaging of the human 

cornea. Healthy corneal images acquired with this system showed that the combination of high spatial 

resolution, fast image acquisition rate and improves sensitivity are sufficient to visualize individual 

cells and cellular nuclei in the high contrast PL-LF-SD-OCT images, as well as carry out morphometric 

analysis on the thin corneal layers (END, DM, PDL and BM). Future applications of this novel 

technology will include clinical studies of various corneal pathologies. 
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Chapter 5 
Line-field dynamic optical coherence tomography platform for 

volumetric assessment of biological tissues 

5.1 Introduction 

Optical Coherence Tomography (OCT) is an optical imaging modality based on low-coherence 

interferometry, that can generate volumetric images of biological tissues in a contactless, non-invasive 

way and with micrometer scale spatial resolution [1, 2]. While originally OCT was developed for 

morphological imaging, over the past three decades different system designs, data acquisition protocols 

and data processing algorithms have been developed to expand the application of OCT to mapping 

blood vasculature, measuring blood flow, blood oxygenation and blood glucose concentration, 

assessing physiological processes and mapping birefringence in biological tissues [2]. Dynamic OCT 

is one such example where OCT data is collected repeatedly from the imaged object over an extended 

period of time (from tens of seconds to several minutes) and the temporal changes in the OCT 

interferogram (intensity and phase) are analyzed to extract information about the motility of biological 

cells and their organelles [3]. The motility data can be used in several ways: as an indirect measure of 

the cellular metabolic and physiological processes, including apoptosis [4-9]; as a method to enhance 

image contrast in morphological OCT images, in order to improve the visualization of cells and their 

nuclei [10-13]; and as a potential method for label-free identification of cell types [10, 14, 15]. The idea 

of using temporal fluctuations in the OCT signal generated by light scattered from single cells to study 

cell apoptosis was first proposed by Van der Meer, et.al. [4]. Over the past decade, the range of 

biomedical applications of dOCT has expanded from imaging cell cultures and spheroids for cancer 

research [9, 16-18], to imaging retinal organoids for evolutionary development studies [14, 19], to ex-

vivo morphological imaging of healthy and pathological tissues with enhanced contrast to visualize the 

tissue’s cellular structure [20-22]. 

High-speed data acquisition is crucial if dOCT is adopted for in-vivo animal and human studies to 

suppress motion artifacts arising from breathing, heart rate, muscle twitching, etc. Although most 

published dOCT studies have been conducted ex-vivo or in-vitro in cell cultures or tissue samples, 

high-speed data acquisition and adequate system sensitivity are still desirable, particularly for 

volumetric dOCT data collection. Sufficiently high data acquisition speed could significantly reduce 
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the time required to collect volumetric dOCT data from hundreds of seconds to dozens of seconds or 

less. Accelerating data collection minimizes artifacts caused by cellular movement, tissue relaxation, 

and environmental vibrations. The reduced exposure time also subjects the sample to less phototoxicity 

and reduces inconsistencies in dynamic signal over time, which can result from prolonged exposure to 

environmental factors such as unsuitable temperature and humidity. One direct method to decrease data 

acquisition time is to increase the scanning speed of the system. Point-scanning Swept-Source OCT 

(SS-OCT) systems can achieve A-scan rates of several MHz [23, 24], while Full-Field Swept-Source 

OCT (FF-SS-OCT) systems can reach rates of several tens of MHz [25], both displaying excellent 

Signal-to-Noise Ratio (SNR) roll-off characteristics. However, the consequence of the high scanning 

speeds achieved with SS-OCT systems is reduced axial resolution and system SNR. To our knowledge, 

no system employing these high speeds has been directly applied on dynamic studies. In the realm of 

Spectral-Domain OCT (SD-OCT), a point-scanning SD-OCT system operating at 600 kHz was used 

recently for dOCT studies of murine liver [12]. However, the high scanning speed limited the system’s 

SNR of 51 dB measured at a depth of 80 µm. Another high-speed Time-Domain FF-OCT (TD-FF-

OCT) system was used a few years ago for a retinal organoids dOCT study [14]. This system takes 

advantage of the parallel data collection capability inherent to FF-OCT systems, enabling the generation 

of an XY (enface) direction image with a 1440×1440 resolution at a 100 Hz rate, while maintaining an 

adequate system SNR for dynamic signal analysis. However, the system’s axial resolution was limited 

to ~ 13 µm in biological tissue, which reduced the differentiation of cellular structures and dynamic 

signals along the axial direction. 

Line-Field OCT (LF-OCT) is another type of high-speed OCT imaging modality. Similar to Full-

Field OCT (FF-OCT), LF-OCT also employs parallel data collection to increase data collection speed, 

but it does so in the XZ (B-scan) direction [26, 27]. Although numerous morphological and functional 

studies have utilized LF-OCT systems over the past decade [28-34], to the best of our knowledge, its 

application in dOCT has not yet been explored. Here, we present a novel design of a Spectral-Domain 

LF-dOCT (SD-LF-dOCT) system that combines high axial resolution (2.6 µm in free space, 

corresponding to ~ 1.9 µm in biological tissue assuming an average refractive index of 1.38), high 

image acquisition rate and utilizes a combination of exchangeable telecentric pair and microscope 

objectives to allow for FOV and transverse resolution selection. 
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5.2 Methods 

5.2.1 LF-dOCT hardware 

5.2.1.1 System design 

The LF-OCT used for the volumetric dOCT studies reported here is a modified version of an LF-OCT 

system we reported recently [35]. Major differences in the optical design include a new camera and 

new design of the sample arm. Figure 5.1 shows a schematic of the novel LF-dOCT system. A 

superluminescent diode (cBLMD-T-850-HP, Superlum) is utilized as the system’s light source. The 

reflective collimator (RC04APC-P01, Thorlabs) generates a collimated beam with a 3.9 mm 1/e2 

intensity diameter. Although a Powell lens offers superior line-direction illumination uniformity, as 

discussed in our prior works [30, 35], we have opted for a cylindrical lens (CL1) as the line generator 

in this system to simplify the alignment process. A pair of cylindrical lenses, CL2 and CL3 are used to 

expand the beam in the line direction (Y direction), while leaving the beam in the scanning direction 

(X direction) unchanged. A 50:50 non-polarized cubic beam splitter (BS014, Thorlabs) forms the core 

of the free space Michelson interferometer. 

 

Fig. 5.1. Schematic diagram of the LF-dOCT system. SLD: superluminescent diode; RC: reflective 

collimator; CL: cylindrical lens; BS: beam splitter; NDF: neutral density filter; TS: translation stage; 
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DC: dispersion compensation unit; L1-L4: achromatic lens; GS: galvo scanner; ETP: exchangeable 

telecentric pair; MO: microscope objective; SP: sample plane; ACP: anamorphic cylindrical pair; S: 

slit; G: grating; L5: camera lens; C: camera sensor. CL1 = CL6 = 50 mm, CL2 = 150 mm, CL3 = 

CL4 = 100 mm, CL5 = 250 mm, L1 = L2 = 125 mm (default), L3 = 40 mm, L5 = 80 mm, L5 = 85 

mm. 

Compared to our previous work [35], the reference arm's layout remains unchanged; however, two 

modifications have been introduced to the sample arm to improve the system's imaging flexibility: an 

Exchangeable Telecentric Pair (ETP) design and a right-angle mount before the microscope objective. 

The telecentric pair lenses L1 and L2 are confined inside lens tubes with 3D printed spacers. A selection 

of telecentric lens pairs, each with a combined focal length of 250 mm, though different magnification 

power, has been pre-designed and prepared for quick exchange to allow for user choice of image FOV 

and transverse resolution (Fig. 5.2D). After installing a new pair onto cage plates, no further system 

adjustments are necessary, except for fine-tuning the position of the microscope objective and matching 

the dispersion between the reference and sample arms of the system. Additionally, the right-angle 

mount (KCB1, Thorlabs) is positioned before the microscope objective, allowing for an easy switch 

between vertical and horizontal imaging modes for different imaging applications. 

The detection arm of the system includes an anamorphic cylindrical lens pair to facilitate separate 

magnification control in the X and Y directions. The spectrometer features a transmissive grating with 

1200 lines per millimeter (@ 830 nm, Wasatch Photonics). The interferometric OCT signal is captured 

by a 2D CMOS camera (FASTCAM NOVA S9, Photron, 1024×1024 pixels) with a pixel size of 20 × 

20 µm2. The LF-dOCT system was designed so that all 1024 pixels are used in the spectral direction, 

while 512 pixels are used in the B-scan direction. 

5.2.1.2 System performance 

Figure 5.2 summarizes results from the performance test of the novel LF-dOCT system that were 

carried out under the following conditions: camera with a shutter speed of 2000 fps, a 10X microscopic 

objective (M Plan APO NIR Infinity Corrected, Mitutoyo), an incident power of approximately 3.5 

mW at the image plane. Fig. 5.2A illustrates the normalized spectrum measured at the detection end of 

the system from reflective mirrors in the sample and reference arms. The spectrum has a full width at 

179 µm, centered at 844 µm on the camera. Figure 5.2B shows the system’s axial point-spread function 

(PSF) measured at a depth of 100 µm. The Full Width at Half Maximum (FWHM) of the axial PSF, 
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measured in air, is 2.6 µm, corresponding to ~1.9 µm in biological tissues assuming an average 

refractive index of 1.38. Fig. 5.2C shows the system's sensitivity roll-off, with a sensitivity of 90.5 dB 

measured at a 100 µm depth and a 10 dB roll-off occurring at a depth of 700 µm. Fig. 5.2D provides a 

tabulated summary of the theoretical transverse resolutions calculated for 845 nm central wavelength 

for two different ETP configurations, using microscope objectives with magnifications of 5X, 10X, and 

20X. 

 

Fig. 5.2. (A) Normalized sample and reference  spectra. (B) Axial PSF measured at 100 µm depth. 

(C) Sensitivity roll-off. (D) Theoretical LF-dOCT lateral resolutions of the  for different ETPs and 

microscope objectives combinations. 

5.2.2 dOCT Algorithm 

The dOCT algorithm used in this study is based on the principle of employing FFT to isolate different 

cellular vibration frequencies and can be broadly divided into two main stages: the FFT operations 

stage, which extracts the dynamic signals, and the contrast adjustments stage, which finalizes the RGB 

image, as illustrated in Fig. 5.3. OCT B-scans with linearly scaled intensity captured at the same 

location at different time intervals are compiled into a volumetric dataset. In this context, the X and Y 

axes of the volume represent the standard B-scan directions, while the Z-axis corresponds to the time 
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direction. A Hann window function is applied along the Z-axis to mitigate sidelobe artifacts and 

frequency leakage due to the FFT. Zero-padding is applied at the ends of the Z-axis to improve digital 

resolution. An FFT is applied along the Z-axis at each voxel position, followed by logarithmic scaling 

of the intensity data to recalibrate the frequency amplitude distribution. Three integrals are calculated 

on the post-FFT frequency curve to extract distinct motion peaks for the red (slow motion), green 

(medium motion), and blue (fast motion) channels. The boundaries for the 3 frequency regions are 

dependent on the cellular dynamics of the imaged tissue samples. For this study, the RGB channels are 

defined as follows: red color indicates frequencies below 0.5 Hz, green color represents 0.5 to 5 Hz, 

and blue color signifies 5 to 12 Hz for imaging English cucumbers; for imaging mouse liver tissue, the 

blue color frequency range was extended up to 25 Hz; and for tumor spheroids, the blue channel was 

deactivated. 

Although all OCT B-scans undergo the same FFT processing, in the contrast adjustment stage, it is 

necessary to take into account random variations in the recorded signal and background intensities. To 

achieve a uniform intensity distribution throughout the 3D dataset, a sample frame from near the center 

of the dataset is selected to establish baseline values for global background subtraction and intensity 

normalization. Subsequently, a predetermined contrast modification value is applied, along with a 3 × 

3 median filter, to enhance image visibility. Finally, the three channels are combined to create the 

composite 8-bit RGB images. 

 

Fig. 5.3. FFT-based dOCT algorithm flow diagram. 
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5.2.3 Sample preparation and dOCT scanning protocols 

Plant tissue (English cucumber) and animal tissue (murine liver and prostate carcinoma spheroids) were 

imaged with the LF-dOCT system using imaging power of ~3.5 mW. An English cucumber was sliced 

transversely to access the soft tissue near the seeds. This tissue contains cells ranging from ~ 10 µm to 

~100 µm in diameter in a small volume. For this study, we imaged the region next to the surface of a 

seed, in order to demonstrate the high spatial resolution of the LF-SD-dOCT system. ETP configuration 

2 with a 10X microscope objective, resulting in ~2.2 µm lateral resolution, was employed for imaging 

the English cucumber. 

Mice (C57BL/6) were humanely euthanized and dissected to remove the liver, following an ethics 

protocol that was approved by the University of Waterloo Office of Research Ethics. The tissue was 

preserved in saline and imaged mounted in a custom sample holder placed on a 3D translation stage for 

imaging with the LF-SD-dOCT system. ETP configuration 1 with a 10X microscope objective, 

resulting in ~3.3 µm lateral resolution, was used. 

Prostate carcinoma spheroids of approximately 1,000 cells were created by seeding a “3D Petri Dish” 

(MicroTissues Inc. USA) made of 2% agarose gel with PC3 (human, prostate, adenocarcinoma) cell 

line. The cells were cultured in RPMI 1640 supplemented with 10% fetal bovine serum and 1% 

penicillin and maintained at 37°C with 5% CO2 in a humidified atmosphere. Imaging was performed 

24 hours after seeding and some spheroids were fixed with 4% formaldehyde for 1 hour immediately 

before imaging. The spheroids were imaged with ETP configuration 1 and a 5X microscope objective, 

resulting in ~6.4 µm lateral resolution. 

A scanning protocol named Variable sub-Volume Multi-scan (VVMs) was developed for acquisition 

of volumetric LF-dOCT images from different biological tissues. The fundamental concept of VVMs 

is to divide the total scanning area into 'M' sub-volumes and to allocate 'N' scanning repetitions to each 

sub-volume. Fig. 5.4A presents a sample VVMs protocol where the total scanning volume is divided 

into three sub-volumes (M = 3), and two scanning repetitions are assigned to each sub-volume (N = 2). 

The red lines in the diagram indicate the periods of dOCT data collection, while the black lines denote 

the scanner's restoration time, typically set between 10% and 30% of a sub-volume duty cycle. Orange 

circles highlight the scanner’s non-linear behavior regions due to the abrupt change in scanning 

direction with high angular frequencies, which cause discontinuities in the actual dataset on the XY 

plane (enface) and YZ plane views. To mitigate or eliminate these discontinuities, as shown in Fig. 
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5.4B, the approach is to introduce additional test frames at the end of each scanning repetition. These 

extra frames, which extend into the subsequent scanning sub-volume, are not recorded. Fig. 5.4C shows 

a tabulated diagram of the protocols employed for imaging the cucumber, mouse liver, and spheroid 

tissues for this study. 

 

Fig. 5.4. (A) Scanner angle deviation with M = 3, N = 2 VVMs protocol. Orange circles correspond 

to the scanner non-linear behavior regions. (B) Overshot test frames to the next sub-volume for 

reducing the discontinuity. (C) VVMs and scanning parameters for English cucumber, mouse liver 

and tumor spheroids imaging. 

5.3 Results 

5.3.1 English cucumber 

Volumetric grayscale morphological OCT and processed dOCT images of cucumber tissue acquired 

near the surface of a seed are shown in Figs. 5.5A and 5.5B respectively. Figs. 5.5C and 5.5D 

respectively show representative morphological and dOCT enface images generated from the 

volumetric data sets. While both the morphological and dOCT images clearly show the cellular 

structure of the cucumber tissue near the surface of the seed, the enhanced color contrast of the dOCT 

images allows for observation of morphological details in the highly scattering seed tissue. 
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Furthermore, the cell membranes in the dOCT images appear in blue color for the small sized cells and 

red color for the larger sized cells (white arrow in Fig. 5.5D), implying a difference in the cellular 

metabolic activity. 

Similar patterns are observed in the cell nuclei: the inset in Fig. 5.5D (orange box) shows a magnified 

region which contains three nuclei outlined by white dashed circles. These nuclei appear in a range of 

mixed colors from red to green, whereas the larger nuclei, indicated by green arrows in Fig. 5.5D, 

predominantly exhibit a reddish hue. The red dashed box in Figs. 5.5C and 5.5D highlights the seed 

region. Although this region shows the highest intensity in the morphological image, it exhibits a 

reddish hue in the dOCT image, suggesting comparatively low metabolic activity. 

 

Fig. 5.5. Morphological and dOCT images of cucumber tissue. (A) Volumetric  morphological OCT. 

(B) Volumetric  dOCT. Red color: < 0.5 Hz, Green color: 0.5 – 5 Hz, Blue color: 5 – 12 Hz. (C) 

Enface morphological OCT with clearly visible cellular structure.. The seed region is labelled with 

red dashed box. (D) Same enface plane of the dOCT volume. Membrane of large cells  labeled with a 

white arrow. Large cell nuclei and small cell nuclei are labelled with green leave arrows. Inset 

(orange box) region is magnified with three nuclei labelled with white dashed circle. 
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5.3.2 Mouse liver 

Figure 5.6 shows representative images of mouse liver tissue. A volumetric dOCT image is shown Fig. 

5.6A. Here, red color corresponds to frequencies below 0.5 Hz, green color to frequencies between 0.5 

and 5 Hz, and blue color to frequencies between 5 and 25 Hz. Figs. 5.6B to 5.6E depict an enface plane 

cropped from the data in Fig. 5.6A, each utilizing different data processing methods. Fig. 5.6B reveals 

the averaged grayscale morphological OCT enface image with conventional OCT data processing 

approach. Although multiple round dark dots corresponding with nuclei positions are scattered across 

the frame (red arrow), when compared with the dynamically processed dataset (Figs. 5.6C-5.6E), the 

image lacks sufficient contrast to resolve cellular. Fig. 5.6C shows the corresponding enface image 

after applying time-directional standard deviation (STD) processing, which significantly enhances the 

image contrast compared to that in Fig. 5.6B. However, the hepatocytes are displayed with varying 

intensities and multiple highly reflective white spots are visible in this image, highlighting the STD 

method's sensitivity to anomalous values. Representative hepatocyte nuclei are marked with the red 

arrow. Figs. 5.6D and 5.6E show the same enface image processed with dOCT for color enhancement. 

Fig. 5.6D shows the standard color scheme, while Fig. 5.6E shows the tissue with a reverse color 

scheme (blue for frequencies below 0.5 Hz, green for 0.5 to 5 Hz, and red for 5 to 25 Hz). Both 

individual hepatocytes and their nuclei are clearly visible in the two dOCT images. 

 

Fig. 5.6. OCT and dOCT images of mouse liver. (A) Volumetric dOCT image. Red color: < 0.5 Hz, 

green color: 0.5 – 5 Hz, and blue color: 5 – 25 Hz. (B) Grayscale morphological OCT enface view of 
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the liver tissue. Dark dots correspond to cellular nuclei (red arrow). (C) Grayscale enface view of the 

liver tissue enhanced by the standard deviation processing of the raw data. Individual cells are clearly 

visible. Dark dots correspond to cellular nuclei (red arrow). (D) Enface view of the liver tissue 

enhanced by the dOCT method. (E) The same dOCT-enhanced enface view of the liver tissue with 

reversed color channel distributions: blue color: < 0.5 Hz, green color: 0.5 – 5 Hz, and red color: 5 – 

25 Hz. 

5.3.3 Prostate carcinoma spheroids 

Volumetric and enface grayscale morphological OCT images of prostate carcinoma spheroids are 

shown in Figs. 5.7A and 5.7B respectively. Figs. 5.7C and 5.7D depict dOCT enface images of a live 

spheroid (control) and a spheroid that has been fixed respectively. The agarose gel in which the 

spheroids are cultured has been removed from the dOCT enface images. 

 

Fig. 5.7. OCT and dOCT images of prostate carcinoma spheroids. (A) Volumetric grayscale 

morphological OCT image of a live prostate carcinoma spheroid. (B) Grayscale morphological OCT 

enface view of the same live prostate carcinoma spheroid. (C) Enface view of the same live prostate 

carcinoma spheroid enhanced with dOCT. (D) Enface view of a prostate carcinoma spheroid fixed 

with 4% formaldehyde enhanced with dOCT. Red color: < 0.5 Hz, and green color: 0.5 – 5 Hz.  
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Here, the blue frequency band was not used, but as in the liver tissue, red color corresponds to 

frequencies below 0.5 Hz and green color to frequencies between 0.5 and 5 Hz. Cells in the dOCT 

images appear in a range of mixed colors from red to green, with live cells appearing largely in green 

and yellow color (Fig. 5.7C) and cells in the fixed prostate carcinoma spheroid predominantly 

exhibiting a reddish hue (Fig. 5.7D). 

5.4 Discussion 

The dOCT results for cucumber (Fig. 5.5), mouse liver (Fig. 5.6), and prostate carcinoma spheroids 

(Fig. 5.7) showcase the capabilities of the LF-dOCT platform. For the cucumber, although there are no 

direct dOCT comparative studies, the outcomes align with general expectations and are consistent with 

findings from research on the metabolic behaviors of plant cells [36]. In Fig. 5.5D, smaller cells 

indicative of recent differentiation typically exhibit higher metabolic signals, so their membranes 

appear blue. Conversely, cells that are larger, more mature, and located farther from the seed’s surface 

display membranes with a more reddish hue, corresponding to lower metabolic activity as expected. 

The nuclei of these smaller cells in Fig. 5.5D exhibit a spectrum of colors from red to blue. The larger 

cell nuclei, indicated by green arrows, mainly present a reddish hue, suggesting either reduced 

metabolic activity or that the large nuclei inertia prevents vibrations. The red dashed box in Figs. 5.5C 

and 5.5D identifies the cucumber seed region. Despite its high-intensity signal in the morphological 

plot, it demonstrates limited hues within high-frequency ranges and does not appear as the brightest 

region in the dOCT plot. This implies that the dOCT algorithm utilized for this study prioritizes signal 

variations over absolute intensities. Beyond color differentiation, the dOCT algorithm also accentuates 

structures that are not distinctly visible in grayscale images. For example, multiple small cells in the 

central and right regions of Fig. 5.5C exhibit membranes that are not clearly defined, yet these same 

cells appear with sharp boundaries in Fig. 5.5D. 

The mouse liver tissue analysis demonstrates that both the STD and FFT dOCT techniques can 

effectively distinguish hepatocytes from their surrounding environment, as depicted in Figs. 5.6C to 

5.6E. Since STD can be affected by anomalous values leading to biased readings, the bright spots and 

the varying intensities on either side of the plot in Fig. 5.6C are likely artifacts of this limitation. In 

contrast, the dOCT algorithm employed in this study, despite requiring a more intensive computational 

effort, yields a more uniform distribution of hues and intensities throughout the image. When similar 

frequency bands and color channels are selected, Fig. 5.6E displays morphology and hues of 
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hepatocytes that closely align with those found in other dOCT studies on murine liver performed with 

point-scanning SD-OCT, despite differences in the spatial resolution, image acquisition rate and 

scanning protocols [10, 12]. 

Analysis of the prostate carcinoma spheroids demonstrates that the FFT dOCT technique is capable 

of discerning live spheroids from those that have been fixed with formaldehyde. Live prostate 

carcinoma spheroids appear predominantly green in color, whereas fixed spheroids appear largely in 

red color. The fixation process causes cellular apoptosis and therefore eliminates any cellular metabolic 

activity while maintaining the structure of the spheroid in the short time frame this study was conducted, 

which suggests that the increased green color present in live spheroids is due to metabolic processes 

driven by ATP consumption. A reduced spectral density at higher frequencies observed in the fixed 

cells has also been observed in mammary epithelial cells within organoids and was suggested to 

represent more Brownian like motion [9]. We hypothesize that Brownian motion may be the cause of 

the few fixed cells that do appear green in color, as the spheroids are suspended in culture medium. 

Several factors related to potential limitations and improvements of the system's hardware and 

algorithms are discussed separately in the following subsections. 

5.4.1 System sensitivity 

The current design of the LF-dOCT system achieves a maximum sensitivity of 90.5 dB for data 

acquisition rate of 2,000 fps and optical power of 3.5 mW incident on the tissue surface. This limits 

acquisition of volumetric dOCT images at imaging depths > 500 µm within highly scattering biological 

tissues such as skin, liver, etc. One approach to improving the system’s sensitivity is to increase the 

incident optical power on the sample’s surface; however, since the SLD utilized in the current version 

of the LF-dOCT system is already operating at its maximum (15 mW), further increments would require 

changing the light source. Potentially doubling the incident power while maintaining a similar light 

source relative intensity noise (RIN) could improve the system’s sensitivity by 3 dB. However, this 

approach will increase phototoxicity, especially for light-sensitive tissues such as retina and retinal 

organoids [14, 37] and may pose safety concerns for potential in-vivo ocular studies in animals and 

humans. Supercontinuum based light sources offer much more powerful output, though their RIN is 

significantly higher, therefore this approach offers very limited improvement in the LF-dOCT 

sensitivity. 
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Another approach is to replace the 50:50 beam splitter in the current LF-dOCT design with a 70:30 

beam splitter, which should result in ~1dB sensitivity improvement. Another advantage of this 

approach will be reduced phototoxicity for the imaged biological tissue. 

A third approach would require reducing the camera data acquisition rate. While this approach might 

be generally feasible, it is dependent on the camera dynamic range. The Photron camera used in the 

current version of the LF-dOCT system has been designed for high sensitivity to very low light levels, 

therefore it is easily saturated by specular reflections from optical components in the system and from 

the air-tissue interface. The current limitation of the LF-dOCT system when reducing the camera 

acquisition rate to below 1,000 fps is the inability to completely block on-axis or near-on-axis 

reflections from optics in the sample arm, which currently constitute less than 5% of the camera's 

saturation level. Potential solutions to this issue include adjusting the orientations of the lens pair L1 

and L2 relative to the Y-axis, which could help reduce reflections [32], or replacing the lens pair with 

mirrors. 

5.4.2 Data processing and analyzing 

The processing codes for both OCT and dOCT in this study are written in Python, utilizing the NumPy 

package for parallel array operations and the multiprocessing package for multi-threaded processing. 

The data processing is performed on a personal computer (CPU: AMD 7950X; RAM: 64 GB DDR5; 

storage: SN850X 4TB; operating system: Windows 10). At 100% CPU usage, processing a dataset with 

200 B-scan locations and 260 repetitions per B-scan location (as per the murine liver protocol) takes 

90 seconds for OCT and 43 seconds for dOCT data sets. The OCT processing takes roughly twice as 

long due to the tasks involved in writing the post-FFT datasets to storage. Given that the NumPy 

package is built using C and C++, and most computational tasks within the processing code are 

managed by NumPy functions, migrating the code from Python to C++ may not result in a significant 

increase in processing speed. Conversely, the existing code does not utilize GPU acceleration. 

Incorporating a GPU-based FFT package, such as CuPy, could expedite processing, especially with 

large-sized arrays. While the computational requirements of existing protocols preclude real-time 

display of volumetric dOCT datasets, a real-time display of a single B-scan location dOCT view could 

be readily achieved using the LF-dOCT system, as it requires only tens of frame exposures per second. 

The system can theoretically detect a maximum dynamic frequency equal to half of the sub-volume 

repeat rate, as dictated by the Nyquist-Shannon sampling theorem [38]. In the analysis of cucumber 
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dOCT, the upper dynamic frequency threshold is set at 12 Hz, which nearly reaches the theoretical 

limit. Conversely, for mouse liver tissue dOCT analysis, the upper dynamic frequency limit is 

established at 25 Hz, aligning with other dynamic studies on liver tissues, despite the protocol 

supporting a theoretical limit of approximately 65 Hz. Prostate carcinoma spheroids employed an upper 

dynamic frequency limit of 5 Hz, which was sufficient to distinguish metabolically active live spheroids 

from metabolically dead fixed spheroids. During imaging sessions, it was observed that for more 

transparent tissues, such as cucumber slices, the extraction and analysis of dynamic signals near the 

upper frequency limit could be carried out with considerable accuracy. However, this accuracy 

decreases with an increase of the tissue’s optical density. Consequently, a denser scanning protocol has 

been devised for liver tissue to enhance accuracy. 

5.4.3 Future work 

Looking ahead, the LF-dOCT platform's versatile ETP design, when paired with microscope objectives 

of varying magnifications, promises a lateral resolution spectrum ranging from approximately 1 µm to 

6.5 µm. Such flexibility is poised to enable a diverse array of studies, from single-cell metabolic activity 

to intracellular interactions within cellular clusters. Future developments include refining algorithms to 

correct motion artifacts, which will enhance the platform's utility for in-vivo dOCT ocular studies on 

animals such as those with limbal stem cell dysfunction. Additionally, there is potential for altering 

scanning protocols and dOCT algorithms to allow for real-time visualization of volumetric dOCT 

datasets. The platform's free-space design also offers the possibility of incorporating supplementary 

imaging modalities, such as fluorescence microscopy and other OCT techniques like Full-Field OCT, 

thereby paving the way for a multifaceted imaging system. 

5.5 Conclusion 

In conclusion, we have developed an LF-dOCT platform that allows for acquisition of volumetric 

dOCT images and offers considerable flexibility in adjusting the lateral resolution as necessary for 

different biomedical imaging applications. We have demonstrated cellular resolution dOCT imaging in 

different biological tissues (cucumber and mouse liver). By leveraging the high-speed capabilities of 

LF-OCT, we have managed to reduce the acquisition time for a volumetric dOCT dataset to under one 

minute. We plan to use this platform for a range of future in-vitro and in-vivo studies, from observing 

single-cell metabolic behaviors to investigating intracellular interactions. 
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Chapter 6 
Conclusion 

The three main objectives of this thesis research are: (i) to investigate the performance of a Powell lens 

as a replacement for a cylindrical lens as the line generator for OCT imaging, (ii) to optimize the Powell 

lens-based OCT system for in vivo human corneal studies, and (iii) to develop a dOCT imaging 

platform for the assessment of various biological tissues. Generally speaking, all three goals have been 

achieved with the development of the first-generation PL-LF-SD-OCT system, the second-generation 

PL-LF-SD-OCT system, and the LF-dOCT system. 

The first-generation PL-LF-SD-OCT system, which utilizes a Powell lens instead of a cylindrical 

lens as the line generator, was developed. This design resulted in significantly improved uniformity of 

illumination along the line direction and only approximately 1.6 dB sensitivity loss between the B-

scan’s center and edges. The system’s high spatial resolution allowed for imaging the cellular 

structure of plant tissues and the animal cornea, as well as resolving small morphological features 

such as cellular nuclei in endothelial cells. 

The second generation of the PL-LF-SD-OCT system improved sensitivity offered a larger FOV, 

and demonstrated the system's suitability for in vivo, contactless, volumetric imaging of the human 

cornea. Healthy corneal images acquired with this system showed that the combination of high spatial 

resolution, fast image acquisition rate, and improved sensitivity are sufficient to visualize individual 

cells and cellular nuclei in the high-contrast PL-LF-SD-OCT images, as well as to carry out 

morphometric analysis on the thin corneal layers, including the endothelium, Descemet's membrane, 

pre-Descemet’s layer, and Bowman's membrane. 

Finally, the development of the LF-dOCT platform allows for the acquisition of volumetric dOCT 

images and offers considerable flexibility in adjusting the lateral resolution as necessary for different 

biomedical imaging applications. We have demonstrated dOCT imaging in various biological tissues, 

including cucumber, mouse liver and tumor spheroids. By leveraging the high-speed capabilities of 

LF-OCT, we have reduced the acquisition time for a volumetric dOCT dataset to under one minute. 
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