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Abstract 

Optical coherence tomography (OCT), a low coherence interferometric imaging technique, 

is a potentially useful tool for disease diagnosis and biological process monitoring. Spectral 

analysis of the OCT signals can yield additional information on the properties of scatterers 

in the sample, allowing tissue analysis and functional imaging to be performed. The 

objective of this work is to investigate the use of the spectroscopic OCT (SOCT) technique 

for biomedical applications. A systematic study was first carried out to determine an 

optimal metric for quantifying scatterer sizes using an improved SOCT analysis method. 

The proposed metric is then applied to the SOCT imaging of human palatine tonsil 

epithelial tissues for the purpose of cellular differentiation in disease management. In two 

tissue regeneration applications, the monitoring of stem cell seeded healing flexor tendons 

and fibroblast seeded silk fibroin scaffolds over time demonstrates the potential use of the 

SOCT method for observing cellular growth and quantifying cells of interest.  

An 840 nm wavelength Fourier-Domain OCT (FD-OCT) imaging system was designed, 

built and characterized in this thesis. The FD-OCT system is first used to investigate the 

optical-biomechanical characteristics of normal and injured flexor tendons under load. OCT 

images  reveal vertical and horizontal banding caused by different optical phenomena in the 

flexor tendons. Images of tendons under mechanical loading show the gradual 

disappearance of vertical bands caused by the collagen fibers straightening during stress. 

Microtears, which are not visible to the naked eye, were also observed within the tendon 

after the maximum load was removed. The results demonstrate that the OCT modality is 
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suitable for the non-invasive monitoring of tendon biomechanical properties and is 

potentially useful for assessing the quality of suture repair techniques.  

The autocorrelation bandwidths of dual window (DW) SOCT k-space scattering profile of 

different-sized microspheres and their correlation to scatterer size were investigated. A dual 

bandwidth (DB) spectroscopic metric defined as the ratio of the 10% to 90% 

autocorrelation bandwidths is found to change monotonically with microsphere size and 

gives the best contrast enhancement for scatterer size differentiation in the resulting 

spectroscopic image. Spectroscopic images of microsphere samples based on the proposed 

DWDB metric showed clear differentiation between different-sized scatterers as compared 

to those derived from conventional short time Fourier transform (STFT) metrics. The 

DWDB metric was found to significantly improve the contrast in SOCT imaging and can 

aid the visualization and identification of dissimilar scatterer size in a sample. In applying 

the DWDB-SOCT technique to the imaging of human palatine tonsils, differences between 

connective tissue, epithelial and lymphoid cells are clearly observed in the spectroscopic 

images. The results show that the proposed DWDB-SOCT technique can potentially be 

used for the early detection of squamous cell carcinoma (SCC) in oral tissue.  

The effect of bone marrow derived mesenchymal stem cells (BMSCs) on flexor tendon 

healing in a rabbit model is monitored using the proposed DWDB-SOCT technique. In this 

tissue regeneration monitoring study, four different groups based on the types of stem cells 

introduced to the injury site (fibrin glue control, 1M autologous BMSC, 1M allogeneic 

BMSC, 4M allogeneic BMSC) are established for comparison. Two time points, 3- and 8-

week, are chosen to coincide with the fibroblastic proliferation and the collagen remodeling 
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phases of the healing process, respectively. While conventional OCT images show 

significant structural detail at the healing sites, no clear differences between the study 

groups can be observed. A scatterer size quantification method presenting the scatterer size 

of interest as a ratio with respect to the total scatterers in the spectroscopic image section is 

proposed. The results shows that BMSC-seeded tendons achieved a greater degree of 

healing at the 3-week time point compared to fibrin glue control tendon. At the 8-week time 

point, however, all BMSC seeded tendons shows identical healing levels as the fibrin glue 

control. Allogeneic BMSCs were found to perform better than autologous BMSCs in terms 

of collagen synthesized at the repair site.  

Lastly, the DWDB-SOCT technique is used to monitor fibroblast cell proliferation in silk 

fibroin (SF) scaffolds. Time points of 1-, 3- and 5-week are chosen to give sufficient time 

for the fibroblasts to proliferate and the scaffolds are harvested every two weeks for 

imaging and analysis. Histological images of a blank SF scaffold and a MEF-seeded SF 

scaffold at the 5-week time point are also taken for comparison. The conventional OCT 

images only allow the micro and macro scaffold structural features to be observed. By 

contrast, clear differentiation is observed between the SF scaffold and fibroblast cells in the 

spectroscopic images. Cell proliferation rate in the scaffolds, quantified with the proposed 

scatterer size quantification method, is found to increase monotonically with time. The 

interaction between the fibroblasts and the scaffold can also be observed from the cell 

distributions in the spectroscopic images. In addition, the quantity of fibroblasts at the 

surface and inside the scaffold observed in the spectroscopic images reveals valuable 

information on tissue culture conditions.  
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Chapter 1 Introduction to Tissue Analysis 

1.1 Motivation 

During the past 100 years, the field of biomedical imaging has developed from Wilhelm 

Roentgen’s original discovery of the X-ray in 1895 to the imaging tools of today, such as 

light microscopy, ultrasonography, X-ray computed tomography (CT), single photon 

emission CT (SPECT), positron emission tomography (PET) [1], and magnetic resonance 

imaging (MRI) [2-3]. These imaging technologies are based on the interaction of 

different forms of energy with tissues which can non-invasively create an image of a 

body structure from a patient or a laboratory animal [4]. There are broadly two imaging 

modes: ex vivo imaging where the sample is excised, prepared and imaged under a 

microscope, and in vivo imaging where the tissue is imaged within the patient (in situ). 

Ex vivo imaging systems are largely optical in nature and include brightfield microscopy, 

confocal microscopy, optical coherence microscopy (OCM), fluorescence microscopy, 

multiphoton microscopy (MPM) and second harmonic generation microscopy (SHGM) 

[2].  In vivo imaging systems such as X-ray imaging, CT, ultrasound, SPECT, PET and 

MRI typically offer less resolution than ex vivo systems, but have the advantage of real 

time imaging of the human body with less discomfort and faster recovery for the patient. 

Probe-based systems, e.g. endoscopic instruments, can image in vivo as well and optical 

techniques can be modified for in vivo imaging with the proper design of a probe [5]. 

 

Table 1-1 compares the capabilities of various imaging techniques. Most techniques are 

capable of in vivo imaging and are used for disease management and biological process 

monitoring. Optical imaging techniques are the most versatile, capable of in vivo and ex 
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vivo imaging with high resolution. Today, the role of novel biomedical imaging 

technologies is evolving in the same direction as the field of conventional medicine, i.e. 

away from a symptom-based problem assessment and diagnosis towards integrated 

solutions for specific health problems, including all aspects of diagnosis, staging, 

treatment and follow-up care. Methods such as SPECT and PET have emerged as highly 

sensitive functional imaging methods complementary to the structural imaging of CT and 

MRI, and are generating new paths in the development of sophisticated imaging 

techniques [4].  

 

Table 1-1: A comparison of biomedical imaging modality capabilities [1, 3, 6-9]. 

Imaging Techniques 

ex vivo 

Imaging 

Capability 

in vivo 

Imaging 

Capability

Used for 

Disease 

Management 

Used for 

Biological 

Process 

Monitoring 

Optical Imaging     

Ultrasound Imaging -    

X-ray Imaging -    
Nuclear Imaging  
(e.g. SPECT and PET) -    
Magnetic Resonance 
Imaging -    

 

In disease management, faster MRI sequences of the heart during stress can evaluate wall 

motion abnormalities [1] as well as image carcinoma [10]. PET is mainly used to image 

tumors non-invasively and both primary tumors and distant metastases [1, 11-14] can be 

detected. Multi-detector CT now allows for 4D (3D and dynamic) reconstruction of organ 

structure and function anywhere in the body [15]. Whole body imaging techniques are 

very powerful, but are usually used after the fact, when cancer has already occurred and 
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tumors have reached a certain size. It is not used for early cancer detection because of the 

limited resolution, e.g. the resolution of PET is 3 mm [3]. There is much room for the 

development of non-invasive depth-resolved optical techniques with high resolution and 

the ability to distinguish early dysplastic changes in epithelial tissue such as cell nuclei 

enlargement.  

 

The monitoring and diagnosis of the tendon injury has been achieved by ultrasound [16-

18] and MRI [19-20]. MRI techniques have the advantage of good soft tissue contrast and 

the ability to perform 3D imaging but its typical imaging resolution of about 1 mm [3] is 

not good enough for imaging tendon injuries compared to the ~150 μm resolution of 

ultrasound [8]. Besides offering a higher resolution than MRI, ultrasound imaging of 

tendons can be performed in real-time using a low-cost system. However, the small high-

frequency probes operating in the range of 7.5 to 15 MHz required for ultrasound 

imaging are not widely available, and the quality and consistency of images taken is 

operator-dependent. In the study of the tendon healing process using advanced techniques 

like stem cell therapy [21-22], bright-field microscopy is conventionally used for the 

imaging of stained tissue sections. With optical techniques having a significantly better 

resolution than ultrasound imaging, cellular morphology and tissue features can be 

clearly observed. The histological assessment process, however, is time consuming and 

above all, destructive. Consequently monitoring of the healing process in the same tendon 

over a long time period is not possible. There is therefore a need for a non-invasive, high 

resolution, depth-resolved imaging technique with functional capability to better 
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investigate and understand injured tendon and the effect of stem cells on its healing 

process. 

 

In tissue engineering applications, the imaging of tissue scaffold characteristics like pore 

size, porosity and strut size is achieved primarily by scanning electron microscopy (SEM) 

[23-25]. While this technique offers the highest resolution of ~3 nm, it is limited to 

imaging the surface features of a sample and the sample preparation process is also 

destructive. Micro-CT (μCT) has been used in bone tissue engineering to analyze 

scaffolds non-invasively, focusing on the imaging and quantification of scaffold 

characteristics like pore sizes, porosity and strut thickness [23]. It can also achieve 

precise measurements of bone growth into the scaffold and onto its surface. The 

advantages of the technique include high resolution (5100 μm) and 3D imaging of tissue 

scaffold structure. The drawbacks of the technique are the use of harmful radiation and 

toxic contrast agents, and the limitation of tissue imaging mainly to bone tissue. MRI has 

also been used to image tissue growth in scaffolds, and can achieve relatively high 

resolution (~100 μm) using high field systems [26-27]. Tissue implantation after the 

scaffold tissue is ready can also be imaged in vivo with MRI. The disadvantages of the 

technique are poor resolution and only soft tissues with high water content, such as 

adipose tissue, can be imaged. Furthermore bones do not show up with good contrast in 

MRI images due to a low concentration of hydrogen atoms in them. The limitations of 

SEM, μCT and MRI highlights the need for a non-invasive, high resolution, depth-

resolved imaging technique for imaging tissue scaffold structure and the monitoring of 

cellular proliferation in tissue engineering. 
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In addition to the imaging of tissue/cellular structure, functional information like blood 

flow, local chemical composition, local birefringence and cell sizes are very important for 

the diagnosis of disease and biological process monitoring. Some clinical imaging 

techniques are undergoing research development to add functional imaging capability [1]. 

The differentiation of cell sizes is particularly important in histopathology for the 

diagnosis of tissue state. Cell sizes above or below the norm in bulk tissue indicate 

abnormalities and the concentration and distribution of abnormal cells influence the final 

diagnosis by the histopathologist. For example, oral carcinogenesis is accompanied by 

normal cells undergoing cellular changes where the cell nucleus expands by almost 40% 

with little to no remaining cytoplasm [28-31] and malignant cells multiplying in the basal 

membrane of the mucosal tissue [32-33] between the epithelium and lamina propria. The 

main tool of the histopathologist is the light microscope, which is able to resolve features 

smaller than 1 μm, but tissue samples have to be taken from patients and biopsies carry a 

large degree of variation depending on the number and choice of sampling sites. An 

imaging tool with the requisite resolution for structural imaging and functional capability 

for cell size differentiation is needed to overcome this limitation. Anatomical imaging 

techniques like ultrasound, X-ray CT and MRI do not possess the resolution for cellular 

imaging. Functional imaging techniques like SPECT and PET are used for tumor 

imaging, but have limited resolution to identify early cancerous growths for early 

detection.  

 

Optical coherence tomography (OCT) is an emerging non-invasive optical imaging 

technique for biomedical applications. OCT is used to obtain high resolution, cross-
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sectional images of internal microstructures in biological tissue by measuring 

backscattered light from different transverse positions [34]. OCT is analogous to 

ultrasound in terms of working principle, using light instead of sound to detect and map 

out discontinuities in tissue structure by measuring the back reflected intensity of infrared 

light [35].  As an optical imaging technique, OCT can achieve free space spatial 

resolutions of 1–15 μm, one to two orders of magnitude finer than conventional 

ultrasound [36-37]. Unlike ultrasound, OCT does not require direct contact with the 

tissue being imaged. As light is strongly scattered in most tissues, the imaging depth of 

OCT is limited to a few millimeters, and thus imaging of structures deep in the body is 

not possible. However, a wide range of tissues can be accessed directly or via an 

endoscope [37]. The ultra-high imaging capabilities of OCT can provide diagnostic 

information on tissue microstructure that cannot be obtained using other biomedical 

imaging modalities. OCT has the potential to perform “optical biopsy” where tissue 

morphology can be determined in situ without the need for surgical excision. 

Furthermore functional extensions like spectroscopic OCT (SOCT) can be used to 

provide information on depth-resolved scatterer size and distribution [38-39], bringing a 

whole new dimension to functional OCT imaging of tissue. Thus OCT imaging can 

overcome many of the clinical imaging deficiencies discussed, having both the required 

resolution for cellular imaging as well as the functional ability to differentiate cell sizes. 

This puts OCT in a unique position as a potential biomedical imaging technique for 

disease management and biological process monitoring. 
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1.2 Objectives 

The objectives of this thesis are briefly described below. 

a) Characterization of the biomechanical properties of flexor tendons with Fourier-

domain OCT (FD-OCT) 

Imaging of normal and repaired tendons under different loading conditions can 

provide information for surgeons to monitor the state of tendon repair site during 

and post- surgery. While ultrasound and MRI imaging techniques can non-

invasively monitor healing tendons, they suffer from a relatively poor resolution. 

OCT can potentially fill the need for a robust and high resolution method of 

imaging the cross-sections of tendons. The purpose of this work is to develop a 

FD-OCT system and investigate its use in evaluating the biomechanical properties 

of flexor tendons. This FD-OCT system will also be used in the subsequently 

development of a SOCT technique and its application in the monitoring of stem 

cell-seeded healing flexor tendons and fibroblast seeded silk fibroin scaffolds.  

 

b) Investigation of a spectroscopic metric for qualitative scatterer size 

differentiation in tissue  

Spectroscopic metrics for describing particle sizes are commonly derived from the 

analysis of the local spectral modulation in an OCT axial scan. The differentiation 

of scatterer sizes is affected by the choice of time-frequency transform and 

spectroscopic metric used in the analysis of the SOCT image. A systematic study 

of the local spectral modulation autocorrelation function derived from the use of 

various time-frequency transform is necessary to determine an optimal metric that 
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has the best sensitivity to scatterer size. The contrast enhancement achieved in 

this study will improve the qualitative and quantitative analysis of tissue scatterers 

in structural tissue images.  

 

c) Study of the effect of stem cells on flexor tendon healing with SOCT 

Tendon healing process can be controlled and accelerated using stem cell therapy. 

Stem cell-assisted tendon healing studies are typically performed with bright-field 

microscopic imaging of suitably stained tissue sections, which are time-

consuming and destructive. The aim of this work is to investigate the use of 

SOCT and the optimized spectroscopic metric to study the effect of stem cells on 

flexor tendon healing.  

 

d) Study of cell growth in silk fibroin scaffolds with SOCT 

Tissue scaffolds have been used in tissue engineering applications to support, 

reinforce and organize the regenerating tissues. The design and optimization of 

tissue scaffolds require an accurate assessment of tissue regeneration and growth 

in these structures. The current methods of monitoring cell proliferation in tissue 

scaffolds are often time consuming, tedious and are usually destructive. SOCT 

can potentially overcome the disadvantages encountered in conventional tissue 

scaffold monitoring approaches. The objective of this work is to apply SOCT and 

the optimized spectroscopic metric to monitor and study the cell growth process 

in silk fibroin scaffolds. 
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1.3 Major Contribution of the Thesis 

The major contributions of the thesis are: 

a) An 840 nm wavelength FD-OCT imaging system was designed, built and 

characterized in this thesis. The FD-OCT system is first used to investigate the 

optical-biomechanical characteristics of normal and injured flexor tendons under 

load. OCT images reveal vertical and horizontal banding caused by different 

optical phenomena in the flexor tendons.  Images of tendons under mechanical 

loading show the gradual disappearance of vertical bands caused by the collagen 

fibers straightening during stress. Microtears, which are not visible to the naked 

eye, were also observed within the tendon after the maximum load was removed. 

The results demonstrate that the OCT modality is suitable for the non-invasive 

monitoring of tendon biomechanical properties and is potentially useful for 

assessing the quality of suture repair techniques. 

 

b) The autocorrelation bandwidths of dual window (DW) SOCT k-space scattering 

profile of different-sized microspheres and their correlation to scatterer size were 

investigated. A dual bandwidth (DB) spectroscopic metric defined as the ratio of 

the 10% to 90% autocorrelation bandwidths is found to change monotonically 

with microsphere size and gives the best contrast enhancement for scatterer size 

differentiation in the resulting spectroscopic image. Spectroscopic images of 

microsphere samples based on the proposed DWDB metric showed clear 

differentiation between different-sized scatterers as compared to those derived 

from conventional short time Fourier transform (STFT) metrics. The DWDB 
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metric was found to significantly improve the contrast in SOCT imaging and can 

aid the visualization and identification of dissimilar scatterer size in a sample. In 

applying the DWDB-SOCT technique to the imaging of human palatine tonsils, 

differences between connective tissue, epithelial and lymphoid cells are clearly 

observed in the spectroscopic images. The results show that the proposed DWDB-

SOCT technique can potentially be used for the early detection of squamous cell 

carcinoma (SCC) in oral tissue. 

 

c) The effect of bone marrow derived mesenchymal stem cells (BMSCs) on flexor 

tendon healing in a rabbit model is monitored using the proposed DWDB-SOCT 

technique. In this tissue regeneration monitoring study, four different groups 

based on the types of stem cells introduced to the injury site (fibrin glue control, 

1M autologous BMSC, 1M allogeneic BMSC, 4M allogeneic BMSC) are 

established for comparison. Two time points, 3- and 8-week, are chosen to 

coincide with the fibroblastic proliferation and the collagen remodeling phases of 

the healing process, respectively. While conventional OCT images show 

significant structural detail at the healing sites, no clear differences between the 

study groups can be observed. A scatterer size quantification method presenting 

the scatterer size of interest as a ratio with respect to the total scatterers in the 

spectroscopic image section is proposed. The results shows that BMSC-seeded 

tendons achieved a greater degree of healing at the 3-week time point compared 

to fibrin glue control tendon. At the 8-week time point, however, all BMSC 

seeded tendons shows identical healing levels as the fibrin glue control. 
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Allogeneic BMSCs were found to perform better than autologous BMSCs in 

terms of collagen synthesized at the repair site. 

 

d) The DWDB-SOCT technique is used to monitor fibroblast cell proliferation in 

silk fibroin (SF) scaffolds. Time points of 1-, 3- and 5-week are chosen to give 

sufficient time for the fibroblasts to proliferate and the scaffolds are harvested 

every two weeks for imaging and analysis. Histological images of a blank SF 

scaffold and a MEF-seeded SF scaffold at the 5-week time point are also taken for 

comparison. The conventional OCT images only allow the micro and macro 

scaffold structural features to be observed. By contrast, clear differentiation is 

observed between the SF scaffold and fibroblast cells in the spectroscopic images. 

Cell proliferation rate in the scaffolds, quantified with the proposed scatterer size 

quantification method, is found to increase monotonically with time. The 

interaction between the fibroblasts and the scaffold can also be observed from the 

cell distributions in the spectroscopic images. In addition, the quantity of 

fibroblasts at the surface and inside the scaffold observed in the spectroscopic 

images reveals valuable information on tissue culture conditions.  

 

 

 

 

 



 12

1.4 Organization of Thesis 

Chapter 1 presents the motivation, objectives and major contributions of the thesis. 

 

Chapter 2 reviews the principles of tissue analysis and the various medical imaging 

modalities. The background on tissue optics is also described. 

 

Chapter 3 discuss the theory of OCT and provides a review of the SOCT technique. 

Important parameters related to these OCT techniques are elucidated. 

 

Chapter 4 presents the design and development of a FD-OCT system and its 

characterization. The study of the biomechanical properties of normal and injured flexor 

tendons under load with FD-OCT is reported and discussed in this chapter.  

 

Chapter 5 describes a systematic study of the local spectral modulation autocorrelation 

function using different-sized microspheres to identify an optimal DWDB spectroscopic 

metric for scatterer size differentiation. The differentiation of tissue scatterer sizes in 

tonsil samples with the proposed metric are also reported and discussed. 

 

Chapter 6 details the use of the proposed spectroscopic metric developed in the previous 

chapter for monitoring the effect of BMSCs on healing in flexor tendons. The distribution 

of fibroblasts at the injury site for flexor tendons of 3 and 8 weeks healing time points are 

presented in the SOCT images. Quantitative analysis of fibroblast concentration at the 

injury site are performed and described.  
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Chapter 7 reports the monitoring of cell proliferation in fibroblasts-seeded SF scaffolds 

using SOCT. The SOCT images of blank and fibroblasts-seeded SF scaffolds at 1, 3, 5 

weeks time points are presented and compared. Cell proliferation in the scaffolds over 

time is also quantified and discussed. 

 

Chapter 8 concludes the thesis and summarizes the key contributions of this research 

project. Several recommendations are proposed for future work.    
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Chapter 2 Background 

2.1 Tissue Analysis Overview 

Tissue analysis provides an understanding of the structural and functional relationships of 

tissues which is critical to the advancement of clinical biology and biomedical 

applications. Tissue analysis includes the imaging and analysis of tissue samples for 

information on tissue state. Figure 2-1 shows the various applications associated with 

tissue analysis. Disease management, a major component of tissue analysis, focuses on 

early disease detection and diagnosis, and the monitoring of disease treatment [1].  

 

 
Figure 2-1: Some applications of tissue analysis [1, 21, 26-27, 40-41] 

 

Another important application of tissue analysis is biological process monitoring, 

comprising the monitoring of tissue regeneration in tissue healing and tissue engineering. 

Tissue healing includes wound healing from burns [41] and tendon injury caused by 

loading stress, blunt force trauma, sharp force trauma and infection [40]. Recent 

developments in the tissue healing strategies involve the use of stem cells for accelerated 
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healing [21]. In tissue engineering, biological substitutes are created to restore, replace, or 

regenerate defective tissues and their function. Tissue engineering is a viable alternative 

option for organ replacement therapy and is the focus of regenerative medicine. Tissue is 

grown in a three-dimensional (3D) porous scaffold imbedded with stem cells and 

essential growth factors. Directing this process requires the tissue engineer to have a clear 

picture of the tissue growth. An accurate assessment of tissue regeneration is therefore 

essential to optimize the process of cell proliferation, tissue development and 

implantation [26-27]. 

 

The practice of medicine and study of biology have always relied on visualization to 

study the relationship of anatomic structure to biologic function and to detect and treat 

disease and trauma. Traditionally, these visualizations have been either direct, via surgery 

or biopsy, or indirect, requiring extensive mental reconstruction. The revolutionary 

capabilities of new 3D and four-dimensional (4D) medical-imaging along with computer 

reconstruction and rendering of multidimensional medical and histologic volume image 

data, eliminates the need for physical dissection or abstract assembly of anatomy. This 

provides many new opportunities for medical diagnosis and treatment, as well as for 

biological investigations [15]. 

 

The benefits of using sophisticated non-invasive medical imaging tools are already 

evident: more accurate and timely diagnosis of disease has translated into improved 

patient care [1]. However, substantial gaps remain both in our understanding of disease 

pathogenesis and in the development of even more effective strategies for early diagnosis 
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and treatment. Advances in biomedical imaging technologies can improve the 

understanding between the structural and functional relationships of cells and tissues, 

thereby facilitating the diagnosis and clinical management of disease and their respective 

responses to therapy.  

 

2.2 Optical Imaging Modalities 

The various optical imaging methods are illustrated in Figure 2-2. For bulk tissue or in 

vivo optical imaging, reflection methods are the most suitable as the tissue samples are 

simply too thick for transmission-based imaging. The reasons for the widespread use of 

optical imaging for biological tissue include [6, 42-43]: 

a) Photons provide non-ionizing and safe radiation for biomedical applications. 

b) Results are in real-time. 

c) Optical systems can be incorporated into endoscopes via fiber-based systems for 

in vivo imaging. 

A comparison of the technical specifications, operational requirements and 

advantages/disadvantages of the various medical imaging techniques are summarized in 

Table 2-1. 
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Figure 2-2: Optical methods of imaging [2]. Other optical methods not shown in the 
figure include multiphoton microscopy [44-48], second harmonic generation microscopy 
[49-53], diffuse optical tomography [54-55] and photoacoustic imaging [56-57]. 
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Table 2-1: Comparison of technical specifications and operational requirements for biomedical imaging techniques [1-3, 6-9, 15, 43, 
58]. 

 
Biomedical 

Imaging 

Techniques 

Imaging 

Resolution 

Imaging 

Depth 

Radioisotope 

/Fluorescenc

e marker 

Advantages Disadvantages 

Confocal 
Microscopy 

1μm <250μm Fluorescence 
marker 

1. Highest imaging resolution, suitable for 
cellular and molecular imaging.  

2. Can perform real time imaging. 
3. In vivo (probe based) and ex vivo imaging 

capability. 

1. For ex vivo imaging, sample biopsy and 
preparation needed.  

2. Limited imaging depth. 

Optical 
Coherence 
Tomography 

2-15μm 2-3mm None 1. Ability to perform structural and functional 
imaging. 

2. Imaging resolution is close to confocal, 
sufficient for cellular imaging. 

3. Can perform real time imaging. 
4. Able to perform in vivo imaging. 

1. Imaging depth is limited. 

Ultrasound 
Imaging 

150μm 
(10–150 
μm using 
very high 
freq. US)  

>10cm None 1. Reasonable depth and good resolution for 
tissue level imaging.  

2. Can perform real time imaging. 
3. Contrast agents optional. (E.g. 

Microbubbles) 

1. Imaging depth dependent on frequency used.  
2. Contact with conducting medium is needed.  
3. Cannot image through air.  
4. Inability to distinguish between benign and 

malignant tumors. 
Computed 
Tomography 
(X-ray) 

300μm Whole 
Body 

Contrast Dye 1. Can perform whole body and near real 
time imaging. 

1. High dosage of ionizing radiation. Not suitable 
for young patients.  

2. Inadequate contrast of x-ray imaging for dense 
breasts,  to distinguish between benign and 
malignant tumors. 

SPECT 
Imaging 

3mm Whole 
Body 

Radioisotope 1. Ability to image physiology and function. 1. Harmful radioactivity of radioisotopes. 

PET 
Imaging 

3mm Whole 
Body 

Radioisotope 1. Ability to image physiology and function. 1. Harmful radioactivity of radioisotopes. 

MRI 1mm Whole 
Body 

None 1. Can perform whole body imaging. 
2. Excellent soft tissue contrast. 

1. No metal objects allowed within patient due to 
high magnetic field.  

2. Inability to provide specific chemical 
information and any dynamic information like 
real-time tissue response to treatment or 
stimulus. 
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Elastic scattering is the most prevalent form of light interaction with biological tissue, as 

elastic scattering cross sections are several orders of magnitude larger than fluorescence 

or inelastic Raman scattering [59]. In a typical measurement, light incident on a sample is 

elastically scattered in different directions upon interaction with the scatterers in the 

sample. By measuring the magnitude, phase or wavelength dependency of the scattered 

light, the tissue structure and even the size of individual scatterers can be known. 

 

Optical imaging provides structural and functional information with high spatial 

resolution via the following mechanisms [6, 42-43]: 

a) Optical scattering spectra provide information about the size distribution of 

optical scatterers, such as cell nuclei.  

b) Optical polarization provides information about structurally anisotropic tissue 

components, such as collagen and muscle fiber.  

c) Optical frequency shifts due to the optical Doppler effect provide information 

about blood flow.  

d) Optical spectra based on absorption, fluorescence, or Raman scattering provide 

biochemical information because they are related to molecular states.  

e) Optical absorption reveals angiogenesis (related to the concentration of 

hemoglobin) and hypermetabolism (related to the oxygen saturation of 

hemoglobin), both of which are hallmarks of cancer.  

f) Optical properties of targeted contrast agents provide contrast for the molecular 

imaging of biomarkers.  
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g) Optical properties or bioluminescence of products from gene expression provide 

contrast for the molecular imaging of gene activities.  

h) Optical spectroscopy permits simultaneous detection of multiple contrast agents. 

i) Optical transparency in the eye provides a unique opportunity for high resolution 

imaging of the retina.  

 

Most optical imaging techniques make use of a microscope, thus the achievable spatial 

resolution is defined by the objective lens used. The penetration depth of light in tissue is 

limited due to the strong scattering of optical radiation in tissues. However, in the near-

infrared part of the spectrum, soft tissues exhibit an “optical window” due to the fact that 

their scattering, absorption and fluorescence characteristics are much lower than in the 

visible band [6]. A brief overview of light microscopy, confocal microscopy and OCT for 

tissue imaging is presented in the following subsections.  

 

2.2.1 Light Microscopy 

The optical layout of a compound microscope is shown in Figure 2-3a. Light from a lamp 

illuminates a transparent specimen through a substage condenser. The transmitted light is 

collected by an objective which, together with the built-in tube lens, focuses the image of 

the specimen to the eyepiece for viewing. At the lowest part of the observation tube in 

infinity-corrected systems, a tube lens gathers the parallel beams of light emerging from 

the objective and focuses the resulting image at the plane of the fixed diaphragm of the 

eyepiece. The eyepiece, together with the curved cornea and lens of the eye, focuses the 

image on the retina of the observer. The ray diagram in Figure 2-3b shows a simplified 
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illustration of the image formation path in a microscope. The tube lens is removed from 

the diagram for clarity. The objective lens forms a real, inverted image (image 1) of an 

object placed just beyond its focal point. The eyepiece is placed such that image 1 falls 

inside its focal length, thus rendering a magnified virtual image. 

 

 

 

(a) (b) 
 
Figure 2-3: (a) Compound microscope optical layout [60] and (b) ray diagram of the 
microscope image formation path [61]. 
 

 
The conventional way for sample illumination in light microscopy is through brightfield 

illumination, where the sample is placed directly in the light path, and contrast in 

brightfield images are achieved through optical scattering and absorption. The main use 

for light microscopy in a clinical setting is for histology, the gold standard in clinical 

tissue analysis and diagnosis [62]. In histology, a piece of tissue is excised from the 

region of interest in a patient. The tissue is immersed in formalin to extract water so that 

it can last without decay. The sample is fixed into a wax block where it is held into place 

on a microtome and cut into thin slices of about 510 μm thick. The slices are then 
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placed onto fresh microscope slides and inserted into a warm bath to melt the wax on the 

tissue slice before the slides are stained with chemicals to bring out the contrast of 

specific parts of the tissue under brightfield microscope observation.  

 

One widely used stain for medical diagnosis is the hematoxylin and eosin (H&E) stain 

[62]. The staining method involves application of the basic dye hematoxylin which colors 

basophilic structures with blue-purple hue, and alcohol-based acidic eosin which colors 

eosinophilic structures bright pink, thus increasing contrast for identification and 

measurement of tissue or cell parameters. The basophilic structures are usually the ones 

containing nucleic acids, such as the ribosomes and the chromatin-rich cell nucleus, and 

the cytoplasmatic regions rich in RNA. RNA molecules play an active role in cells by 

catalyzing biological reactions, controlling gene expression, or sensing and 

communicating responses to cellular signals. The eosinophilic structures are generally 

composed of intracellular or extracellular protein. Most of the cytoplasm is eosinophilic. 

Consequently red blood cells are stained intensely red. Figure 2-4 shows a brightfield 

microscope image of an H&E stained human palantine tonsil section. Basophilic 

structures like the lymphoid cells are stained purple to almost black due to the high 

density of cells. The epithelium is also stained purple due to the presence of epithelial 

cells. Connective tissue has a low density of cells and consists of mainly elastin and 

extracellular protein, and is stained a light pink. Blood vessels contain red blood cells and 

are stained deep pink. 
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Figure 2-4: Brightfield microscope image of a H&E stained human palantine tonsil 
section. 
 

2.2.2 Confocal Microscopy 

In a conventional wide-field optical microscope, thick specimens produce an image that 

represents the sum of sharp image details from the in-focus region combined with blurred 

images from all the out-of-focus regions. This effect does not significantly deteriorate 

images at low magnification (10× and below) where the depth of field, defined by the 

distance between the upper and the lower planes of the in-focus region, is large. 

However, high numerical aperture (NA) objective lenses have a limited depth of field and 

the region where sharp specimen focus is observed can be 1 m or less. As a result, a 

specimen having a thickness greater than 35 m produces an image in which most of 

the light is contributed by the regions that are not in focus. The contribution from a 

blurred background reduces the contrast of the in-focus image. This problem is 

circumvented in confocal microscopy by introducing a confocal aperture, such as a 

pinhole, in the path of the light beam in front of the detector to reject the out-of-focus 

contribution [2]. Depending on the microscope objective used and sample properties, 

depth-resolved images at up to 150 μm depth can be achieved [63]. Measurement of 
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tissue or cell parameters can be achieved without histological processing, and contrast 

can be increased via fluorescence techniques [45, 64].  

 

2.2.3 Light Scattering Spectroscopy and Low-Coherence Interferometry 

Light scattering spectroscopy (LSS) makes uses of elastic scattering from epithelial cell 

nuclei to identify cell sizes. The LSS signal, with the diffuse component removed, is 

caused by photons that were single scattered by the cell nuclei and the frequency of the 

oscillations observed in the reflected spectra is governed by Mie scattering [65]. The 

frequency of the oscillations is proportional to the size of the cell nuclei and the 

amplitude of the signal is proportional to the density of the cells [66]. The main 

disadvantage of this method is that only cells near the tissue surface can be analyzed as 

the LSS signal from deeper tissue microstructures is extremely weak due to a high diffuse 

background.  

 
Low-coherence interferometry (LCI) has been explored as an alternative for LSS in the 

detection of single scattered light from deep within tissue [67-69]. Angle-resolved LCI 

was used to obtain structural information by examination of the angular distribution of 

scattered light [70]. Recently, a new modality combining LSS and LCI called Fourier-

domain LCI (fLCI) was reported [69]. In fLCI, depth-resolved structural information is 

Fourier transformed from the back-scattered light spectrum (similar to FD-OCT), and 

depth-resolved spectra are acquired from the structural information using a short-time 

Fourier transform (STFT) [68]. This process is similar to what is done in spectroscopic 

OCT up to this point for local scattering spectra, however, the two methods differs on 

how the local spectra is analyzed to retrieve scatterer information. In fLCI, LSS is used to 
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analyze the local spectra for scatterer sizes, but the accuracy of the sizes obtained is 

dependent on parameters like particle concentration which affects the SNR of the local 

spectral modulation and optical dispersion which affects local spectra [38, 68]. 

 

2.2.4 Optical Coherence Tomography 

OCT obtains sub-surface images by interferometrically measuring optical reflections 

from within tissue. The reconstruction of the OCT cross-sectional image is based on the 

optical pathlengths that the back-scattered photons have propagated (Figure 2-5) in the 

axial direction (z-direction) with respect to transverse scanning (x-direction). Unlike 

ultrasound, light backscattered from tissue scatterers cannot be measured electronically 

due to the high speed associated with the propagation of light [71]. Low-coherence 

interferometry is used to demodulate the optical delay of light after tissue propagation 

and back scattering from tissue scatterers.  

 

 
 

Figure 2-5: Image generation in OCT [35]. 
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There are two main modalities of OCT: time-domain (TD-OCT) and Fourier-domain 

(FD-OCT). Both modalities are based on low-coherence interferometry but the detection 

of interference fringes and hence the demodulation of the fringes to give depth-resolved 

spatial information differs in both techniques. The main functional extensions to OCT are 

spectroscopic, Doppler and polarization-sensitive OCT and they can be used with TD-

OCT or FD-OCT systems (Figure 2-6).  

  

 
Figure 2-6: OCT modalities and their extensions. 

 
 
In TD-OCT systems, an interferometer with a reference arm scanning mirror is used. 

Displacement of the reference beam with a scanning mirror produces the pathlength 

difference between the reference beam and the backscattered light from the sample [2]. 

Using a low-coherence source, the interference pattern between the reference beam and 
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the backscattered beam is produced when their path difference is within the coherence 

length. At a given location of the reference beam mirror, only a specific depth range 

(defined by the coherence length) of backscattered light will interfere. By scanning the 

reference mirror, the axial profile of the sample can be obtained. The limited scan speeds 

and lower system sensitivity of TD-OCT systems result from the use of the moving 

reference mirror and the large electronic bandwidth requirement of the single photo-

detector [72-76], respectively.  

 

The principle of FD-OCT is based on the Wiener-Khinchin theorem which states that a 

Fourier relationship exists between the power spectral density and the autocorrelation 

function of a process [77]. In other words, depth information, which is the autocorrelation 

of reference and sample arm light fields, can be obtained from the Fourier transform of 

interference fringes in the spectral domain. The whole depth structure (A-scan) is 

obtained synchronously with the spectral data and no depth scanning of the reference 

mirror is necessary. FD-OCT systems obtain depth information by evaluating the 

spectrum of the interferogram. The Fourier transformation of the spectrum delivers the 

depth information [78]. Due to the decoupling of reference mirror scanning and 

electronic detection bandwidth, FD-OCT enables a significant sensitivity advantage that 

allows increasing the line rate (A-scan rate) without losing imaging performance in 

comparison to TD-OCT [72-76]. Hence the achievable high speed imaging performance 

allows 3D tissue visualization and the study of in vivo functional tissue properties like 

perfusion and vessel pulsatility [79]. 
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In comparison with other commonly known clinical imaging modalities like MRI, CT, 

ultrasound imaging and confocal microscopy, OCT fills a resolution and imaging depth 

gap between ultrasound and confocal microscopy, as shown in Table 2-1. MRI and CT, 

though non-invasive and non-destructive in their operation, do not offer the high 

resolution of OCT [80]. MRI and CT systems are expensive and require highly trained 

operators for daily operation. In addition, the highly ionizing radiation used in CT 

imaging is a health concern. While confocal fluorescence imaging requires fluorescent 

markers to be introduced into a sample as contrast agents, no sample preparation is 

needed for OCT.  Although OCT utilizes the detection of backscattered photons like 

confocal microscopy, the sensitivity can exceed that of conventional confocal 

microscopes and signal-to-noise ratio (SNR) of more than 105 dB [76] can be achieved 

with heterodyne gain detection. Being an optical technique, OCT can also be integrated 

with a wide range of endoscopic probes that allow imaging during surgical procedures 

and enhances conventional white-light endoscopy with cross-sectional images [5].  

Cellular-level image resolutions as fine as 1 μm have been demonstrated in biological 

specimens, allowing visualization of the mitotic cycle and tracking cell migration [5].  

 

Structural information of a tissue sample is based on the amount of light backscattered by 

various tissue structures. Factors like cellular density and refractive index can affect the 

contrast of OCT images, making the differentiation of tissue microstructures difficult [36, 

77]. During the early disease stages, the change in tissue scattering properties between 

normal and diseased tissue is small and difficult to measure. OCT has been widely used 

for imaging of human pathologies [32, 71, 81-97], where the utility of OCT for early 
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cancer detection in epithelial tissue were investigated. One of the greatest challenges for 

extending the clinical applications of OCT is to identify more contrast mechanisms that 

can provide physiological information in addition to morphological structure [36]. A 

number of extensions of OCT capabilities for functional imaging of tissue physiology 

have been developed. Doppler OCT (DOCT) combines the Doppler principle with OCT 

to obtain high-resolution tomographic images of tissue structure and blood flow 

simultaneously [98-103]. Polarization sensitive OCT (PS-OCT) combines polarization 

sensitive detection with OCT to determine tissue birefringence [104-113]. SOCT makes 

use of the broadband nature of the OCT light source to obtain the spectrum of 

backscattered light by depth dependent analysis [38, 114-118]. Spectroscopic 

differentiation is possible when two or more scatterer types in a sample backscatter 

differently over the wavelength range of the OCT light source. An example is illustrated 

in Figure 2-7: small scatterers give rise to low frequency spectral modulations and larger 

scatterers produce higher frequency spectral modulations. Early cancer detection is 

dependent on the location and differentiation of dysplastic and neoplastic cells by 

identifying cell nuclear morphology [28-31, 119-123]. Since the epithelial layers of 

mucosal and skin tissues are well within the detectable range of OCT, a method like 

SOCT is clearly important for the purpose of early detection of abnormal cellular changes 

through the identification and differentiation of tissue scatterer sizes. Furthermore, 

biological process monitoring like healing and tissue growth can be conducted using 

SOCT to track cell proliferation in an injury site and also cellular growth by 

differentiation cells from the surrounding tissue scaffold matrix. DOCT and PS-OCT do 

not have such capabilities as their strengths lies in other applications, such as the ability 
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to measure blood flow direction and the imaging of collagen, respectively. Table 2-2 

shows the summary of the merits and drawbacks of FD-OCT in comparison to the SOCT 

functional extension. 

 

 

Figure 2-7: (a) Cell nuclei with incident and scattered fields indicated. (b) Interference 
spectra with wave number–dependent oscillations caused by interference between front 
and back surface reflections. [117] 
 
 
Table 2-2: Comparison between the merits and drawbacks of FD-OCT and SOCT [36, 
38, 77]. 
 Fourier-Domain OCT Spectroscopic OCT 

Advantages - Depth-resolved structural 
imaging. 

- Non-invasive (no contact 
with sample needed). 

- 3D volumetric imaging. 
- High axial resolution (2–15 
μm). 

- Real time imaging. 
- Non-ionizing radiation 

(Near-infrared light). 
- Ex vivo and in vivo imaging 

modalities available. 

- Differentiation of scatterer sizes 
based on spectral analysis of 
back-scattered light. 

- Improved contrast of OCT 
images due to better 
differentiation of scatterers. 

- Qualitative and quantitative 
analysis of scatterers offer better 
understanding of biological 
phenomena. 

Disadvantages - Limited imaging depth (<3 
mm). 

- Extensive computational 
processing needed. 
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2.3 Tissue Optics 

In order to image biological tissues using optical imaging modalities, it is important to 

understand their optical properties. Biological tissues are optically inhomogeneous and 

absorbing media whose average refractive index is higher than that of air. This is 

responsible for the partial reflection of light at the tissue/air interface (Fresnel reflection), 

while the remaining part penetrates the tissue. Multiple scattering and absorption are 

responsible for the broadening and eventual decay of light propagating through a tissue, 

whereas bulk scattering is a major cause of the dispersion of a large fraction of radiation 

in the backward direction. Therefore light propagation within a tissue depends on the 

scattering and absorption properties of its components: cells, cell organelles, and various 

fiber structures. The size, shape and density of these structures, their refractive index 

relative to the tissue ground substance and the polarization states of the incident light all 

play important roles in the propagation of light in tissues. Biological media are often 

modeled as ensembles of homogeneous spherical particles, since many cells and 

microorganisms, particularly blood cells, are close in shape to spheres or ellipsoids [124]. 

The scattering process in a tissue is complex (Figure 2-8), but Mie scattering is more 

commonly encountered in bulk tissue imaging as the sizes of cells and micro-organisms 

are comparable or much larger than the wavelength of excitation light [2]. The sizes of 

cells and tissue structure elements vary in size from a few tenths of nanometers to 

hundreds of micrometers. Most other mammalian cells have diameters in the range of 5–

75 μm. There are a wide variety of structures within cells that determine tissue light 

scattering. Cell nuclei are on the order of 5–10 μm in diameter; mitochondria, lysosomes, 

and peroxisomes have dimensions of 1–2 μm; ribosomes are on the order of 20 nm in 
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diameter; and structures within various organelles can have dimensions of up to a few 

hundred nanometers. The hollow organs of the body are lined with a thin, highly cellular 

surface layer of epithelial tissue, which is supported by underlying, relatively acellular 

connective tissue. In healthy tissues, the epithelium often consists of a single well 

organized layer of cells with en face diameter of 10–20 μm and height of 25 μm [124]. 

 

 
 

Figure 2-8: Various light scattering processes in tissues [2]. 
 
 

In the ultraviolet (UV) and infrared (IR) (λ ≥ 2000 nm) spectral regions, light is readily 

absorbed, which accounts for the small contribution of scattering and the inability of 

radiation to penetrate deep into tissues (only through one or two cell layers). Short 

wavelength visible light penetrates typical tissues as deep as 0.5–2.5 mm, whereupon it 

undergoes an exponential decrease of intensity. This is due to the principal tissue 
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chromophores (hemoglobin and melanin) having high absorption bands at wavelengths 

shorter than 600 nm, but decreasing in magnitude with increasing wavelength (Figure 

2-9) [124-125]. In this case, both scattering and absorption occur, with 15–40% of the 

incident radiation being reflected.  

 

 
 

Figure 2-9: Absorption coefficients of primary biological absorbers [125]. 
 

At NIR wavelengths greater than 1300 nm, water absorption dominates. Water does not 

have any bands from UV to near IR, but starts absorbing weakly above 1.3 m, with 

more pronounced peaks at wavelengths ≥ 2.9 m and very strong absorption at 10 m, 

the wavelength of a CO2 laser beam [2]. In the 600–1600 nm wavelength range, 

scattering prevails over absorption, and light penetrates to a depth of 8–10 mm. At the 

same time, the intensity of the reflected radiation increases to 35–70% of the total 

incident light as a result of backscattering. For these reasons, there is a so-called ’optical 
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window’ at red and near-IR wavelengths, between 6001600 nm, where the effective 

tissue penetration of light and the backscattering of light is maximal for light imaging. 
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Chapter 3 OCT Theory 

3.1 OCT Theory 

The basic optical configuration of OCT is that of a Michelson interferometer, as shown in 

Figure 3-1. The light beam leaving the optical light source is spilt into two parts, a 

reference and a sample beam, rE


and sE


 respectively. The reference beam is reflected 

off a mirror M1 at a fixed distance rz  from the beam splitter and the sample beam 

reflects off a sample, in this case, another mirror at a distance sz  from the beam splitter. 

Interference occurs when the path lengths of the reference and measurement arms are 

matched to within the coherence length of the broadband light source. The interference 

fringes are used to extract depth resolved information.  

 

 
 

Figure 3-1: Michelson interferometric arrangement [126]. 
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The E-field of a light wave,  E t


, can be described as [127]: 

  ( )
0

j k r t

rE t E e e    
 



            (3.1) 

where 0E  is the wave amplitude, k


 is the wave vector, r


 is the position vector, ω is the 

frequency of the wave and re is the unit vector in the direction of wave propagation.  

 

The reflected reference arm light wave rE


 from mirror M1 can be represented by: 

  ( 2 )rj k z t

r r zE t E e e    



                (3.2) 

where 2
k




  is the propagation constant,   is the wavelength of the light source and 


ze is the unit vector in the z-direction. Similarly, the reflected sample arm light wave sE


 

from mirror M2 is written as: 

  ( 2 )sj k z t

s s zE t E e e
    




    (3.3) 

The difference in displacement z  between M1 and M2 is given by: 

s rz z z        (3.4) 

The total electric field TE


 at the beam splitter after rE


and sE


 interfere is 

      ( 2 )( 2 ) sr j k z tj k z t

T r s r s zE t E t E t E e E e e
         


  

     (3.5) 

The intensity detected at the detector can be shown to be [126]: 

   
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

    (3.6) 
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The two self interference terms 2
rE  and 2

sE  are not used in OCT, but the cross-correlation 

term  2 cos 2r sE E kz  describes the interference fringes that occur when rz  and sz  are 

within the coherence length of the light source. Signal processing is performed on the 

interference term to obtain the spatial location of tissue layers. 

3.2 Time-Domain OCT (TD-OCT) 

In TD-OCT, the axial profile  I z  of a sample can be shown to be the sum of the relative 

amplitudes of the sample arm at various depths nz  [36]: 

         0
1

2 cos 2
n n

N

r s s r

n

I z E z E z g z k z z


       (3.7) 

 

where 0

0

2
k




 , 0  is the center wavelength of a broadband light source, N is the number 

of tissue layers and  g z  is defined as the degree of coherence represented by the 

autocorrelation of the light source spectrum. 
nsE represents the back-scattered E-field 

from interfaces, denoted by n, within the sample. The sample is approximated as a stack 

of reflecting interfaces to simplify the model, however actual tissue may have scattering 

sites or specular reflecting sites, apart from layers. 

 

The first OCT system developed was a TD-OCT system for imaging the retina and the 

coronary artery, two clinically relevant examples that are representative of transparent 

and turbid tissue [34], respectively. Imaging was performed using a fiber-optic Michelson 

interferometer with a low coherence length light source (Figure 3-2a). The fiber-optic 

implementation provides a compact and robust system that can be interfaced to a variety 

of clinical imaging instruments. Low coherence light can be generated by compact 
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superluminescent diodes (SLD) or ultrafast laser sources like the Ti:Sapphire lasers [36]. 

One interferometer arm contains a modular probe that focuses and scans the light on the 

sample, and also collects the backscattered light. The second interferometer arm is a 

reference path with a translating mirror or scanning delay line. Figure 3-2b shows the 

simulated interferogram of a sample with three optical interfaces. Interference occurs 

when the reference mirror translates to the equivalent position of an optical interface. The 

interference fringes are detected and demodulated to produce a measurement of the 

magnitude and echo delay time of light backscattered from structures inside the tissue.  
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(a) 

 

 
(b) 

 
Figure 3-2 (a) Schematic of a TD-OCT system [58] and (b) the simulated interferogram 

of a sample with three optical interfaces [126]. 
 

Low-coherence interferometry enables femtosecond time resolution of optical echoes 

corresponding to micron-scale distance measurement, something which direct time-of-

flight electronics cannot achieve. In TD-OCT, 2D cross-sectional images of internal 

tissue microstructure are constructed by scanning the optical beam and performing 

multiple axial measurements of backscattered light at different transverse positions. The 

resulting data set is a 2D array that represents the optical backscattering or reflection 
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within a cross-sectional slice of the tissue specimen. These data can be digitally filtered, 

processed and displayed as a 2D gray-scale or false-color image.  

 

3.3 Fourier-Domain OCT (FD-OCT) 

Fourier domain detection was developed [72-76, 79, 128] in early 2000 where the depth 

information in an axial scan (A-scan) is obtained simultaneously without mechanical scan 

of the reference arm. The acquisition speed is only limited by the read-out rate of the 

CCD array in the spectrometer. FD-OCT therefore has a much higher scan speed over 

TD-OCT [73, 128]. An ultra high speed FD-OCT system with 312,500 A-scans/s and an 

adjustable 2D or volumetric frame rate can be achieved [129]. In comparison, the 

attainable scan speed of a video rate TD-OCT system is only 4,000 A-scan/s at a frame 

rate of 32 fps [130]. Furthermore FD-OCT has a greater sensitivity of more than 105 dB 

[76], a 24 dB improvement over that of TD-OCT [131] due to the decoupling of scanning 

range and electronic detection bandwidth [72, 79], which enables a greater depth imaging 

of tissue.  

 

A FD-OCT system is depicted in Figure 3-3. The CCD array records the backscattered 

light intensity as a function of wavelength. Due to the decoupling of reference mirror 

scanning and electronic detection bandwidth, FD-OCT enables a significant sensitivity 

advantage that allows increasing the line rate (A-scan rate) without losing imaging 

performance [72-76]. The achievable high speed imaging performance allows 3D tissue 

visualization as well as the measurement of in vivo functional tissue properties like 

perfusion and vessel pulsatility [79]. The maximum achievable imaging depth is limited 
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to the number of detector pixels in a FD-OCT system [77] but practical limitation like 

sample turbidity plays an important role in limiting imaging depth, even with the high 

sensitivity of FD-OCT. The main disadvantage of FD-OCT is the limited imaging depth 

of about 2 mm in bulk tissues [36, 71] due to strong scattering of light by densely packed 

scatterers. 

 

 
 

Figure 3-3: Schematic of a FD-OCT system [58]. 
 

The interference spectrum obtained from one axial FD-OCT scan of a sample contains all 

the backscattered spectra of individual interfaces within the sample. The FT of the 

interference spectrum yields the positions of these interfaces in the spatial domain. Figure 

3-4 illustrates the operation of a FD-OCT system. The reference arm mirror is at a fixed 

position of rz  from the beam splitter and the sample layers are at positions of 
1s

z , 
2sz  

and 
3sz  from the beam splitter, respectively. The source light beam is split into two paths 

at the beam splitter, with the reference arm light wave rE


interfering with back-scattered 

light waves 
1s

E


,
2sE


,
3sE


 from the three interfaces in the sample. The reference and 

sample arm light waves interfere at the beam splitter to form TE


 and the intensity 
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interference spectrum is measured by a spectrometer. Unlike the use of a single 

photodetector in the TD-OCT scheme, the FD-OCT interference spectrum is split into the 

component wavelengths with a grating and recorded using a CCD array in the 

spectrometer.  

 

 
 

Figure 3-4: FD-OCT setup with a sample comprising three interfaces.  
 

The FD-OCT interference equation is the same as Equation 3.7, except that the 

interference is evaluated in k-space (wavelength domain). The intensity profile ( )I k  of 

the interference terms at the spectrometer output can be written as [36]: 
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where S(k) is the power spectrum of the light source,  rE k is the reflected reference arm 

field,  
nsE k  and  

msE k are the reflected sample interface fields from different interface 

layers, 
nsz , 

msz  and rz  are the spatial positions of the nth and mth sample layer and the 

reference mirror respectively and N is the total number of interfaces in the sample.  

 

There are three main terms arising from the spectral interferogram, namely the “DC”, 

“cross-correlation” and “auto-correlation” terms. The “DC” components are pathlength 

independent, and are scaled by the light source wavenumber spectrum with an amplitude 

proportional to the power reflectivity of the reference arm mirror plus the sum of the 

sample reflectivities. They are not used in OCT. The “cross-correlation terms” are the 

desired component for OCT imaging, in which the sample interface positions are 

identified relative to the reference mirror. The “auto-correlation” terms represent 

interference occurring between the different sample interfaces, and they typically appear 

as artifacts in OCT.  

 

The FT of a frequency-domain function  F f to a time-domain function  f t  is given 

by [132]: 

    2 ftf t F f e df






       (3.9) 

where 2 fte   is the FT kernel used to transform functions from one domain to another, f 

represents frequency and t represents time. To obtain the axial profile,  I z , of the 
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sample from the spectral profile,  I k , of FD-OCT, FT is performed using a modified 

kernel obtained from the substitution of factors with the conventional FT kernel [36]: 

' '2 2ft f t        (3.10) 

where ' k
f


  and 't z . The axial profile  I z  can be written as: 

   
2

 Re
k

z

I z I k e dk



    
 



      (3.11) 

 

Figure 3-5a shows the results of a simulation performed for a SLD light source spectra 

with center wavelength at 840 nm and a bandwidth of 40 nm. The sample has three 

interfaces similar to that shown in Figure 3-4 and their axial distance with respect to the 

reference mirror positioned at z = 0 mm are 0.1 mm, 0.3 mm and 0.6 mm, respectively. 

The interference spectrum from each interface overlaid on the source spectrum is shown 

in Figure 3-5b-d and Figure 3-5e-g depicts the individual interference spectrum with the 

source spectrum removed. It can be observed that as an interface position in the sample 

with respect to the reference mirror increases, the frequency of the interference fringe 

also increases. The actual interference spectra observed by the spectrometer (Figure 3-5h) 

is given by the sum of the interference spectrum arising from each interface in the 

sample. The subsequent conversion of the interference spectrum to axial distance 

(Equation 3.11) is essential for depth representations of FD-OCT signals and the 

measured interference spectrum has to be converted to k-space (wavenumber domain) 

before FT (Equation 3.8). Since 
2

k



  and the data is linearly-spaced in the wavelength 

domain, conversion to k-space results in a data set that is non-linearly spaced. 
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To obtain the axial positions of the sample interfaces, a FT is applied to the interference 

spectrum of Figure 3-5h after conversion to k-space values. This reveals the axial profile 

in the sample, as shown in Figure 3-5j. The zero order component originates from the FT 

of the “DC terms” in Equation 3.8 . In actual practice, the source spectrum is removed as 

shown in Figure 3-5i to minimize the zero order component in the spatial domain. It is 

difficult to completely remove the source spectrum, thus there is usually a residual zero 

order component. Depending on the number of lateral scan points, each 2D OCT lateral 

scan contains many such axial scans. A 2D cross-sectional image of the sample is 

obtained from combining these axial profiles together. The 2D cross-section is typically 

depicted as a grayscale or false color image where each pixel in the image represents the 

intensity value at a location in the sample.  
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Figure 3-5: Simulation of (a) light source spectrum with center wavelength of 840 nm 
and a bandwidth of 40 nm. (b)-(d) Spectral fringes of 3 interfaces in a simulated sample 
located at positions of 0.1, 0.3 and 0.6 mm with respect to the reference mirror. (e)-(f) 
Spectral fringes with light source spectrum removed. (h) Sum of all interference spectra 
and the light source spectrum. (i) Sum of all interference spectra with the light source 
spectrum removed. (j) Axial profile of the three interfaces after FT from (h). 
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3.4 OCT System Parameters 

3.4.1 Axial Resolution 

The axial resolution in an OCT system is independent of system optics but is dependent 

on the coherence length of the light source. The coherence length lc of a light source is 

defined as the distance at which the electromagnetic wave can travel while still 

maintaining phase periodicity, and is given by [127]: 

c cl c t       (3.12) 

where c is the speed of light and the coherence time tc is defined as: 

2

ct
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     (3.13) 

Here   is the center wavelength and  is the bandwidth of the light source. Equations 

3.13 and 3.14 can be combined to give: 
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       (3.14) 

Since light sources in OCT can be generally treated as Gaussian in nature, the axial 

resolution of an OCT system z  is commonly represented by the coherence length of a 

Gaussian light source [35]:  

22ln 2
z


 

 


                  (3.15) 

z  is the FWHM value of the temporal degree of coherence, in this case represented by 

the PSF of the OCT system in spatial domain, an example is shown in Figure 3-5j. In 

order to achieve high axial resolution, interference should occur over as short a distance 

as possible. Optical light sources with short coherence lengths are those with large 
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bandwidths, as indicated in Equation 3.15. Hence a low coherence light source like a 

SLD will achieve higher axial resolution than a high coherence source like a laser.  

The relation between the axial resolution and the coherence length of the light source is 

illustrated in Figure 3-6, where the back-reflected light from a single sample interface is 

interfered with light from a scanning reference path in a TD-OCT setup (Figure 3-6a). 

Interference is observed when the path lengths are matched to within the coherence 

length of the light source. With a high coherence laser source, interference is observed 

over a large distance and the sample interface cannot be discerned, as shown in Figure 

3-6b. By contrast, the use of a low coherence light source only produces interference over 

a short distance which clearly reveals the position of the sample interface when the 

interference is demodulated (Figure 3-6c). 

 

 
 
Figure 3-6: Illustration of a (a) TD-OCT setup, and of the relation between the axial 
resolution and the coherence length of the light source [133] in OCT, with (b) Poor axial 
resolution with a long coherence length light source, and (c) Better axial resolution with a 
short coherence length light source. 
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 The maximum axial measurement range, zmax, of an FD-OCT system is related to the 

axial resolution Δz by the following [77]: 

max
2 2

z N
z


       (3.16) 

Where N is the number of pixels in the spectrometer. N is divided by two because the 

Fourier transform of the real spectrum has conjugate symmetry about the zero delay. The 

pixel spacing is chosen as Δz/2 according to Nyquist condition. This equation 

demonstrates that for a given light source bandwidth, the maximum axial depth is 

determined by the number of detector pixels in the spectrometer. 

 

 
Figure 3-7 compares the axial resolution of different bandwidth light sources, with center 

wavelengths of 800, 1,000 and 1,300 nm [36] within the tissue optical window (Section 

2.4), computed with Equation 3.15. The axial resolution improves tremendously with a 

shorter center wavelength and a broad bandwidth light source. However, while the use of 

a shorter center wavelength light source ensures better resolution, it comes with the 

compromise of a poorer penetration depth in tissues due to attenuation and scattering. On 

the other hand, a longer wavelength light penetrates deeper into tissues but gives a poorer 

axial resolution. In practice the center wavelength of the OCT light source is chosen to 

optimize both axial resolution and penetration depth.  
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Figure 3-7: Calculated axial resolution versus bandwidth of light sources with center 
wavelengths of 800, 1,000 and 1,300 nm [36].  

 
 
3.4.2 Lateral Resolution 

The lateral resolution Δx in an OCT system is dependent on  the objective lens used and 

is calculated using [127]: 

1.22 0.61

NA

f
x

D

 
        (3.17) 

where f is the focal length of the lens, λ is the center wavelength of the light source, D is 

the diameter of lens and NA is the numerical aperture of the lens. NA is given by sin θn , 

where n is the refractive index of the imaging medium or sample and θ is the aperture 

angle [134]. The lateral resolution of a lens is proportional to its depth of field or the 

confocal parameter. The confocal parameter refers to the length of the region in the 

propagation direction within the focused light beam where the cross sectional area of the 

beam is less than twice the beam waist area. The confocal parameter is twice the 

Rayleigh range of a Gaussian beam, which is defined as the distance along the 

propagation of the beam from the beam waist to the point where the cross sectional area 

is doubled. At this the point, the intensity of the light beam is halved [127]. Most OCT 
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imaging is performed with low NA focusing where the confocal parameter is much 

longer than the coherence length. This is done so that most of the energy of the beam is 

spread deeper into tissue for greater imaging depth. Consequently there is a trade-off 

between lateral resolution and depth of field.  

 

3.5 Spectroscopic OCT (SOCT)  

Standard intensity-based OCT systems represent information about tissue backscattering 

as a grayscale or false color image. In these systems, the intensity of the backscattered 

light at each pixel in the image is stored only as a single value. In SOCT, there are in 

general five steps to the spectroscopic analysis process. While there are other variants 

reported in literature [38-39, 68, 115-116], the process described here is the preferred 

approach in this work. The TD-SOCT method is described in greater detail here as it is 

more intuitive (Figure 3-8). (1) A window is first applied to the full interferometric signal 

in the axial profile, instead of applying only to the intensity values, to extract depth 

dependent data. (2) It is possible to calculate a local scattering spectrum for every pixel in 

the image using time-frequency transform (TFT) such as the short time Fourier transform 

(STFT) [115]. The STFT is the most basic time-frequency function that can be used for 

the processing of depth-dependent wavelength scattering in SOCT. The disadvantage of 

STFT is the tradeoff between spatial and spectral resolution: good resolution in one 

domain is achieved at the expense of the other [135]. By generating a local scattering 

spectrum for every axial point in an OCT image, a 4-dimensional (4D) data set is 

produced. The 4D data set is defined by the transverse and axial coordinates, as well as 

the wavelength and intensity of the locally scattered light. For ease of interpretation of 
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such a spectroscopic data set, it is necessary to condense the data to 3D for image display. 

(3) In order to quantify the local scattering spectrum, an autocorrelation is performed. 

The spectral modulation present in the local scattering spectrum is considered to be an 

outcome of a stochastic process, in which the properties of the process are determined by 

the distribution of sizes and refractive indices of the cellular organelles contained within 

the imaging volume, as well as the number density of the organelles [115]. The 

autocorrelation of the local spectra take on distinct shapes as the spectral modulation 

changes. (4) A metric is needed to quantify the spectral modulation in the local spectrum, 

which then can be stored as a single value in a spectroscopic map. A commonly used 

metric is the bandwidth of the autocorrelation function, among others. (5) The 

spectroscopic map and the intensity OCT image can be combined in a 

Hue/Saturation/Luminance (HSL) color map with the spectroscopic values mapped to 

hue in the HSL image and the intensity values mapped to saturation and luminance [115]. 

In literature, another method for representing spectroscopic data in true-color OCT 

images has recently been reported [136], where local spectral data is analyzed 

quantatively and used to assign red, green and blue channels for true-color representation 

of the samples. In this way, the 4D dataset can be visualized as a 2D structural image 

with color in the third dimension representing scatterer sizes in the OCT scan. The 

flowchart of the spectroscopic analysis process is shown in Figure 3-9.  
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Figure 3-8: SOCT imaging using time domain (left) or frequency domain (right) 
interferometry. Short time and short frequency FTs are performed on the OCT 
interferograms to create 2D OCT signals indexed by wavelength and depth respectively 
in the object [38].  
 

 
 

Figure 3-9: Flowchart of spectroscopic analysis process. 
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The spectroscopic resolution, describing the ability to differentiate scatterer sizes, in a 

SOCT image is affected by 3 main factors, namely the light source bandwidth, the time-

frequency transform used and the choice of spectroscopic metric. A broad bandwidth 

light source increases the ability of the SOCT system to record low frequency spectral 

modulations indicative of small particles, thus effectively increasing the spectroscopic 

resolution [38]. In instances where a non-broadband spectral bandwidth source is used in 

the OCT system, the spectral resolution of the source spectrum and the detectivity of low 

frequency spectral modulations can become limited. 

 

3.5.1 Time-Frequency Transformations 

Spectroscopic analysis is typically performed in a depth resolved manner by using a 

windowed time-frequency transform [38, 116, 137-138] like the STFT to form a time-

frequency distribution (TFD) of an OCT axial scan. The first time-domain based STFT 

for spectroscopic OCT analysis was introduced by Morgner [114]. In FD-OCT, spectral 

data is windowed and transformed using a short frequency Fourier transform (SFFT) to 

obtain local depth data. The first frequency-domain based SFFT for spectroscopic OCT 

analysis was implemented by Leitgeb [139]. Both methods are interchangeable, as long 

as transformed data are retained in the complex form (Figure 3-8) [38]. The TD-OCT 

method of spectroscopic analysis is more intuitive and this method can be used for FD-

OCT data after transformation from spectral to spatial domain. 

 

To avoid undesired artifacts in the spectral response arising from a window with abrupt 

cut-offs, e.g. rectangular window, a smooth envelope function such as a Gaussian or 
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Hamming window is typically chosen for h in a STFT transformation of the axial 

information described by Equation 3.11 [38] and is shown as follows:  

        
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where  0h z z is an arbitrary window function centered at spatial position z0. The 

complex values of  I z


 are retained after FT from the spectral data. 

 

STFT is the most basic time-frequency function that can be used for the processing of 

depth-dependent wavelength scattering in SOCT. The disadvantage of STFT is the 

tradeoff between spatial and spectral resolution: good resolution in one domain is 

achieved at the expense of the other. To overcome these limitations, the dual window 

(DW) TFT technique utilizes two STFT operations such that the standard deviation of the 

primary window is chosen to be much smaller than the secondary window ( PW SW  ) 

to obtain excellent spatial and spectral resolution. The spectral and spatial resolutions are 

defined independently by the width of the primary and secondary windows, respectively. 

The effectiveness of the DW TFT over linear TFTs like STFT and bilinear TFTs like 

WVD is well documented in the literature [116-117].  

 

The DW function in k-space is defined as [117]: 
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where zpw is the position of the center of the primary window with a standard deviation of 

σpw, zsw is the position of the center of the secondary window with a standard deviation of 

σsw, and  sE z  represents the sum of E-fields from all sample interfaces. The local 

spectral modulation  DW k  contains modulations of varying frequencies which must be 

analyzed to obtain the frequency spread.  

 

3.5.2 Autocorrelation Function 

The analysis of the local spectral modulations is important as scatterer size information is 

determined from the analysis. Contrast enhancement of OCT images based on properties 

in addition to the intensity of the backscattered light was first demonstrated by Morgner 

et al. [114]. Spectral modulation at each axial point was first obtained by applying the 

Morlet wavelet transform (MWT) on the OCT axial scan. The centroid wavelength of the 

MWT spectrum at each axial point was utilized to form a spectroscopic metric. The 

spectroscopic metric and the backscattered OCT intensity are then mapped to the red-

green hue and saturation to form a spectroscopic false-color image. It was demonstrated 

that features which are difficult to identify in conventional intensity-based OCT image 

become visible in the spectroscopic image [114]. Spectroscopic metrics for describing 

particle sizes can also be derived from Fourier-domain low-coherence interferometry 

(fLCI). A correlation method involving the FT of local spectral modulations was used 

and the peak in the correlation function in spatial domain indicates the average cell 

nuclear diameter in the region of analysis [39, 67-69, 116-117]. In the work of Robles 

and Wax [68], a two layer phantom containing polystyrene beads of diameters 4 and 6.98 

μm were imaged and analyzed using the DW method for time-frequency transformation 
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and subsequently LSS and fLCI were used to analyze the spectral information from 

localized regions in the phantom sample to determine scatterer sizes accurately. Though 

quite accurate in determining scatterer size, this method suffers from poor peak visibility 

when there are limited modulations across the light source spectrum [38]. Spectral 

modulation autocorrelation function has also been used in SOCT imaging as it is 

insensitive to Doppler shifts as well as dispersion [38, 115]. Oldenburg [38] and Adler 

[115] proposed the autocorrelation width of the depth-dependent spectral modulation 

function at 80% and 90% of the peak autocorrelation values, respectively, as suitable 

spectroscopic metrics. In the work of Adler et al. [115], microsphere particles of various 

sizes were characterized by measuring the associated spectral modulation in the OCT 

signal. With this information, the color codes obtained from the spectroscopic images of 

biological samples were correlated to spectral modulation with an inference to particles 

sizes. Using this approach, Oldenburg [38] and Liang [118] presented spectroscopic 

images of fibroblasts and macrophages in a tissue scaffold. The color coding of the cells 

in the spectroscopic images, representing autocorrelation bandwidth extracted from 

spectral modulation in the OCT signals, gave information of cellular size relative to each 

other. The autocorrelation method is thus an effective way to analyze the spectral content 

of local spectral modulations for the dominance of certain spectral frequencies 

corresponding to specific scatterer sizes. This is performed by autocorrelating the local 

spectral modulations to obtain the autocorrelation function.  

 

The autocorrelation function gives a measure of the resemblance of a signal to itself when 

shifted by a certain amount. The autocorrelation function is described by [115]: 
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where  DW k is the local scattering spectra and m is the amount of shift (lag). Tissue 

regions containing smaller particles produce less spectral modulation, while regions 

containing larger particles produce more modulation [115]. The number density of the 

scattering particles also affects the modulation pattern. Tissue regions with a higher 

particle density and a wider distribution of sizes produce spectra with more modulation 

compared to regions with low particle density and a narrower distribution of sizes. The 

autocorrelation of the local spectrum takes on distinct shape as the spectral modulation 

pattern changes. Small amplitude, low frequency modulations corresponding to areas 

with largely small particles produce an autocorrelation shape that falls off slowly around 

m = 0, with few secondary peaks. Conversely large amplitude, high frequency 

modulations corresponding to areas with mainly large particles produce an 

autocorrelation shape that falls off rapidly around m = 0, with many secondary peaks. The 

bandwidth of the autocorrelation function can be used to provide information about the 

distribution of scatterer sizes based on the spectral modulation at each point in the SOCT 

image. The bandwidth value serves as a spectroscopic metric that can be encoded into a 

HSL color map to represent scatterer size distribution in a sample.  
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Chapter 4 Biomechanical Characterization of Flexor Tendons with FD-OCT 

4.1 Introduction 

Flexor tendons in the hand function as a strong and flexible connection between the 

forearm muscles and the fingers bones. The major constituent of tendons is type I 

collagen [140], the most abundant protein in the human body [77], and morphologically 

the tendon is a complex composite material consisting of collagen fibrils embedded in a 

matrix of proteoglycans. Fibroblasts, the predominant cell type within tendons, are 

arranged in the spaces between the parallel collagen bundles and are readily observed in 

histology images as dark rod like structures. When the forearm muscle contracts, the 

tendon pulls on the finger bones and cause the fingers to bend. The hands are the most 

frequently used part of the body and flexor tendons are prone to many injuries as they run 

along the palm side of the hand and are situated near the skin at finger joints [141]. Some 

common injuries include tendon rupture which can be caused by overloading the finger 

(e.g. in rock climbing), lacerations from sharp force trauma, crushed tendon due to blunt 

force trauma and inflammation due to infection.  

 

The current gold standard for the evaluation of injured tendons is a visual examination by 

a hand surgeon, who will determine the best way to treat the injury. Surgery is usually 

needed to suture severed tendons back together, as they cannot heal unless the cut ends of 

the tendons are touching. During the healing process, fibroblasts use raw materials in the 

surrounding matrix to rebuild the collagenous structures within the tendon. Scar tissue 

called adhesions may form at the suture site which prevents the smooth gliding of the 

flexor tendon in the tendon sheath [40]. As a result, the sutured site has to be operated 
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again to remove the scar tissue. Ultrasonic and MRI imaging techniques can non-

invasively monitor healing tendons [16], and they have the advantages of using non-

ionizing radiation to probe connective tissues. Ultrasound, though cheap to implement 

and has good resolution at >150 μm when using high-frequency transducers (40 – 60 

MHz) [3, 8], it requires contact with the sample and cannot image through air. While 

conventional MRI is suitable for whole body imaging, it has poorer resolution (>1 mm) 

[1, 3], is expensive to use and is not suitable for people with metal implants due to the 

high magnetic fields employed in the technique. Human flexor tendons (flexor digitorum 

profundus) are typically 7 mm wide [142] and a higher resolution, depth resolved 

imaging technique would be required to image them. OCT can potentially fill the need 

for a robust and high resolution method of imaging the cross-sections of flexor tendons. 

In particular, OCT imaging of normal and repaired tendons under different loading 

conditions can provide information that is currently not available to surgeons, allowing 

them to monitor the state of the tendon repair site during and post- surgery. 

 

The development of a FD-OCT system for characterizing the biomechanical properties of 

flexor tendons and facilitating the other tissue analysis work carried out in the rest of the 

thesis is reported in this chapter. The design requirements and the choice of components 

for the FD-OCT setup are first described. The implementation and characterization of the 

system are presented and discussed. The FD-OCT system is then used to image normal 

and repaired flexor tendons under load. The OCT images of normal tendons were first 

compared and correlated to the corresponding histological images. Biomechanical 
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characterization of both normal and repaired tendons with the FD-OCT system was 

carried out by loading the samples with weights of up to 1 kg.  

 

4.2 Materials and Methods 

4.2.1 FD-OCT System 

4.2.1.1 Design Consideration 

Several design parameters of the OCT system have to be considered. Firstly, the axial 

resolution of the system should be capable of resolving the various tissue microstructures 

investigated in this work. Normal oral epithelial cells measure on average 7 μm in size 

and can swell to larger than 10 μm upon cancerous transformation [28-31, 120]. In flexor 

tendons, the dimensions of collagen crimp patterns are in the order of 50 μm [143-145].  

Cell fibroblasts that aggregate at tendon injury sites typically measure about 50 μm in 

diameter, though when adhered to a surface the thickness of the cell can be reduced to 

1015 μm [38]. In tissue engineering applications, fibroblast cells with sizes similar to 

those observed in tendons are seeded in tissue scaffolds used for connective tissue 

reconstruction [80, 118, 146-148]. The axial and lateral resolutions of the OCT system in 

tissues should therefore be at least 7 µm so that these tissue microstructures can be 

differentiated.  

 

Secondly, imaging depth plays an important role in tissue imaging as it determines how 

much subsurface tissue structures can be monitored. Tissue scattering is one of the main 

factors limiting imaging depth [71, 84-86, 149]. Epithelial tissue up to the basement 

membrane is considered to be important [33, 89, 92, 117] as most early carcinogenic 
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changes can be detected when monitoring the basement membrane. The thickness of 

epithelial layer has been found to increase when cancerous changes occur [33]. Besides 

changes in epithelial thickness cancer, cells may also destroy the basement membrane, 

blurring the distinct boundary between the epithelium and lamina propria layers. An 

imaging depth of at least 1 mm in tissue will be necessary to observe such details. In the 

case of injured tendons, monitoring of the healing process at the injury site involves 

observing the proliferation of fibroblast cells. The tendon injury site can be highly 

scattering due to a high concentration of growth cells, ultimately limiting the imaging 

depth. The achievable imaging depth for this application is not known due to a lack of 

OCT data on fibroblast growth cells. In tissue scaffolds, the scaffold material and pockets 

of seeded cells limits the imaging depth [148]. Imaging depths for blank and seeded 

scaffold was reported to be 1.2 mm and 0.8 mm respectively, using a 1300 nm TD-OCT 

system [148]. A large confocal parameter of the objective lens in an OCT system can be 

selected to increase the imaging depth using a lens with small NA (Section 3.4.2). A 

confocal parameter of at least 1 mm will be suitable for achieving the necessary imaging 

depths in the tissues investigated in this thesis.  

 

The choice of the OCT wavelength can also impact the imaging depth. The sample OCT 

beam is attenuated by scattering and absorption when propagating in and out of the 

tissue. Such attenuation can be reduced through the use of long wavelength light [150] 

due to the reduced absorption of primary tissue absorbers like melanin and haemoglobin 

(Section 2.4). On the other hand, using a long wavelength light will degrade the axial 

resolution (refer to Equation 3.15). A good compromise between axial resolution and 
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imaging depth is achieved by selecting an OCT wavelength of 840 nm. This OCT 

wavelength enables a good size differentiation of individual scatterer moderately deep in 

tissues through SOCT analysis [115]. 

 

The lateral scan distance is subjected to the size of the tissue or samples scanned. For 

human epithelial tissue [71, 84], in order to observe tissue structures in detail, a scan 

range of 46 mm is sufficient. A larger area than a traditional excisional biopsy (about   

12 mm) can be visualized in this case. The monitoring of ruptured tendons [113] 

requires a large section of the tendon to be scanned (about 4 mm) as the rupture can occur 

over a large area. In addition, human tendons are generally larger than those found in 

common laboratory animals like mice, rats and rabbits.  In the monitoring of cell seeded 

tissue scaffolds, a scan range of > 5 mm [148] allows for details of scaffold architecture 

to be observed and studied when studying the proliferation of cells after seeding. Thus, 

the system lateral scan distance should achieve at least 6 mm. 

 

Over a long lateral scan distance, the flatness of the scan field may vary. Ideally a flat 

scan field is desired so that the OCT image accurately reflects the sample morphology 

and not become distorted at the image edges due to spherical aberration of the objective 

lens. The SNR of the OCT system is also important as the sensitivity of the system can 

impact the imaging depth [76]. A SNR of up to 105 dB can be achieved in a FD-OCT 

system [76]. With SNR greater than 100 dB, sample penetration depth of 23 mm is 

possible in most scattering tissues [150].  FD-OCT imaging speeds of up to 312,500 axial 

scans/s has been reported [129] in the literature where an ultrahigh speed FD-OCT 
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system is used for retinal imaging. Real time imaging is not needed due to the ex vivo 

nature of OCT imaging performed in this thesis, where the tissue samples are imaged in 

an external environment with no immediate need to expedite imaging (like during 

surgical procedures or during eye imaging where the blink reflex of the patient requires 

imaging to be fast [151]). In addition, biological processes like healing and cell 

proliferation that are monitored in this work do not occur in a short time. A scan speed of 

about 50 axial scans/s is sufficient to ensure that imaging is done in a timely manner 

without changes to the sample when exposed to external environmental conditions.  

 

4.2.1.2 Instrumentation 

The FD-OCT system implementation shown in Figure 4-1 utilizes a Michelson 

interferometric setup similar to the  fiber-optic FD-OCT system first reported in [78]. The 

primary light source used is a superluminescent diode (SLD) from Superlum with a 

center wavelength of 840 nm and an optical bandwidth of 36 nm. The SLD source has an 

output power of 7 mW and the optical power incident on the sample is measured to be 

about 2 mW. The choice of a broader optical bandwidth as compared to [78] results in an 

improved axial resolution. The light source spectrum and bandwidth determines the point 

spread function (PSF) of the probe beam and thus the axial resolution of the system 

[126], as shown by Equation 3.15. System dispersion due to unbalanced reference and 

sample arms causes broadening of the PSF and this leads to a reduction in the axial 

resolution. The lateral resolution of the system is related to the center wavelength of the 

light source as well as the numerical aperture (NA) of the objective lens used, as shown 

by Equation 3.17. A long focal length objective lens at 100 mm with a small NA was 
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chosen due to a compromise between a larger lateral spot size and better confocal range 

to improve imaging depth, to compensate for the choice of a shorter light source center 

wavelength. The choice of the center wavelength of 840 nm as compared to a less 

scattered 1300 nm wavelength is made based on the need for better axial and lateral 

resolution over imaging depth, especially for the spectroscopic analysis of the OCT data 

performed in the subsequent chapters. The light source selected also has a higher output 

power, allowing an increased power at focus than in [78]. The spectrometer used has a 

CCD detector count of 3,648 over the wavelength range of 707.23 – 911.67 nm, resulting 

in a wavelength resolution of 0.05 nm. The signal processing time depends on the speed 

of data transfer from the detector in the OCT system. In ultrahigh speed FD-OCT 

systems, a custom build spectrometer with a line-scan CCD camera (e.g. Basler Sprint) 

with a data transfer rate of 140 kHz [129] is commonly used. This enables very high axial 

scan rates of 312,500 axial scans/s, >300 fps for a 1,000 lateral point OCT image, when 

suitable software is used for data processing.  
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Figure 4-1: FD-OCT system setup. 
 

A 635 nm laser diode is coupled into the light path through a 99:1 coupler to provide a 

visible guide beam spot on the sample. A 50:50 splitting ratio 22 coupler is used to split 

the incoming light into the reference and sample arms. Fiber polarization controllers 

(FPC) are used in both the reference and sample arms to adjust the polarization state of 

light. Interference will only occur when the polarization components of the reference and 

sample arms are matched [35]. A mismatch in the polarization states will result in a loss 

of interference fringe contrast, but polarization adjustment can be made by tuning the 

FPCs. In the reference arm, light is collimated with a fiber collimator and attenuated with 

a neutral density (ND) filter to avoid saturating the spectrometer. This will also allow the 

SNR to be improved by increasing the integration time of the spectrometer.  

 

The tube lens and scan lens of 62.9 mm and 100 mm focal lengths, respectively, in the 

reference arm are used to ensure that the light is always positioned on the back aperture 

of the objective lens (45 mm fl). This optical arrangement of the tube and scan lens, 
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known as a telescopic arrangement commonly used in scanning microscopes [152], has 

two distinct properties. Firstly, the ratio of the focal length of the tube lens to the scan 

lens gives a magnification of the beam spot size. Here, the beam spot is increased by 1.6 

times to fill the back aperture of the objective lens for better lateral resolution. Secondly, 

when the light beam in the sample arm is laterally scanning across the back aperture of 

the scan lens by the scan mirrors, this motion is converted to an angle scan of the 

collimated beam at the focal point of the tube lens. The objective lens is placed at the 

tube lens focal point to focus the collimated beam to a spot which scans laterally across 

the sample. The scan and tube lenses are identical in the reference and sample arms to 

ensure that the dispersion effects in the two arms are matched so as to prevent broadening 

of the PSF which leads to poorer axial resolution.  

 

In the sample arm, a GSI Lumonics scanning galvanometer comprising VM1000 scan 

mirrors and SC2000 scan controller is used to raster-scan the optical beam on the sample. 

The objective lens used in the sample arm is a 100 mm focal length plano-convex lens. 

This focal length is chosen to achieve the desired confocal parameter. All lenses used in 

the system are achromat doublets to ensure that chromatic aberration is minimized. This 

is important due to the broadband nature of the light source used in the OCT system. The 

spectral interference signal of the returning light from both arms is collected by an Ocean 

Optics HR4000 spectrometer and subsequently processed by a computer.  

 

The sample position is controlled by a XYZ stage. The Z stage is manually adjusted for 

sample focusing while the XY stages are used for coarse sample positioning prior to 



 68 

automated scanning by the galvanometer. The samples are placed in a petri-dish with 

fluid to maintain hydration throughout the imaging period. This configuration is used for 

most tissue samples measured in this thesis, e.g. excised epithelial tissue, rest-state flexor 

tendons and tissue scaffolds. For flexor tendon imaging during stress loading, a modified 

sample holder illustrated in Figure 4-2 is used to secure and load the tendon whilst 

allowing a section of the tendon to be imaged by OCT.  

 

 
 

Figure 4-2: Mounting jig used to mechanically load flexor tendon for OCT imaging. 

 

The measured spectrum of the light source,  I  , shown in Figure 4-3a is a set of 3,648 

discrete data points corresponding to the intensity value at each pixel in the detector 

array. Figure 4-3b shows the interference spectrum of an OCT scan of a mirror. The 

interference fringes arising from the mirror are superimposed onto the measured source 

spectrum. The conversion of interference spectrum to axial distance (Equation 3.11) is 
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essential for depth representations of FD-OCT signals and the measured interference 

spectrum has to be converted to k-space (wavenumber domain) before FT (Equation 3.8). 

Since 
2

k



  and the data is linearly-spaced in the wavelength domain, conversion to k-

space results in a data set that is non-linearly spaced. Therefore linear interpolation has to 

be performed on zero padded wavelength data [153] to obtain linearly-spaced data in k-

space (Figure 4-3c).  

 

 
Figure 4-3: (a) Measured SLD source spectrum. (b) Measured OCT interference spectrum 
from a mirror scan in wavelength domain. (c) Measured OCT interference spectrum in k-
space. (d) PSF from FT of the measured interference spectrum of a mirror. Inset: 
Expanded view of PSF. 
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The maximum achievable axial depth zmax is calculated from: 

maxz
k





     (4.1) 

where 
 max min

det

2 k k
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
   is the normalized k-space step size, min
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

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


  

and Ndet is the number of pixels in the detector array of the spectrometer. Using the values 

of the parameters shown in Table 4-1, the value of maxz  is calculated to be 3.225 mm .  

 

Table 4-1: Calculated spectrometer parameters 

Parameter Value 

λmin 707.23 nm 

λmax 911.67 nm 

kmin 17.77x106 m-1 

kmax 13.78x106 m-1 

Ndet 4,096 

Δk 974.121 m-1 

 

 Zero-padding is applied to the k-space interference spectrum before FT to increase the 

sampling density in the spatial domain [79] since the total available axial data points is 

halved after FT. If the total zero-padded array has N data points, the resulting spatial step 

size is given by: 

max 2

2

z
z

N k N


   

 
 
 

     (4.2) 

N is chosen to be 152 32,768  and the corresponding spatial step size is found to be 

0.197z   m. This is about 50 times the 10 μm axial resolution of the system which 

provides a good spatial sampling resolution as well as positional sensitivity of < 1 μm 
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[154]. The zero-padded k-space interference spectrum is then FT to give the spatial 

position of the mirror (Figure 4-3d), which also corresponds to the PSF of the OCT 

system. The observed shape of the PSF is attributed to the non-Gaussian shape of the 

light source spectrum. 

 

4.2.1.3 System Characterization 

Axial Resolution 

The measured SLD spectrum and the corresponding PSF is shown in Figure 4-4. The 

non-Gaussian spectral shape of the light source spectrum results in side lobes in the PSF. 

The side lobes can degrade the axial resolution by masking the presence of scatterers that 

are close together in the axial direction. It should be noted that any asymmetrical changes 

to the shape of the PSF is a sign of dispersion imbalance or an error in the k-space 

mapping of the spectral data. The axial resolution given by the FWHM of the PSF is 

found to be 10 μm and is close to the theoretical value of 8.62 μm (Equation 3.15). The 

axial resolution in biological tissues with typical refractive indices of 1.395 [124] is 

calculated to be 7.17 μm. 
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Figure 4-4: (a) Measured SLD wavelength spectrum and (b) PSF of SLD spectrum in the 
spatial domain. 

 

Confocal Parameter 

The achromat lens with 100 mm focal length is characterized to evaluate its confocal 

parameters. The beam axial intensity profile of the achromat lens is measured by 

scanning a mirror in the beam propagation direction across the beam focus and recording 

the back reflected intensity. The confocal parameter of the achromat lens is given by the 

width of the normalized intensity profile at half the peak value in Figure 4-5. The 100 

mm focal length achromat lens offers a large confocal parameter of 1 mm and is therefore 

suitable for bulk tissue imaging [76]. 
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Figure 4-5: Measured confocal parameter of achromat lens with focal length of 100 mm. 

 

Lateral Resolution 

The lateral resolution defines the smallest feature that can be imaged in the lateral 

direction and is found by measuring the focused beam spot diameter of the objective. One 

common approach to measure the beam spot diameter is the scanning knife-edge 

technique [155-156]. A cleaved silicon wafer edge is scanned across a beam at the focus 

and the resultant intensity is recorded. The beam width is measured between two points 

in the recorded intensity that contain a selected percentage of useful energy. One 

commonly used beam width reference point for Gaussian beam is the 1/e2 value, 

corresponding to a beam power of 13.5% of the maximum intensity. In our work, the 

beam spot is calculated from the positions of the scan stage when the measured beam 

intensity is 13.5% and 86.5%, respectively. The measured beam spot size of the 100 mm 

focal length achromat lens used in the OCT system is found to be 6.3 μm in air, as shown 

in Figure 4-6. This is about 2 times the theoretically calculated spot size (Equation 3.17) 
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and is attributed to the partially filled (half) back aperture of the achromat lens in the 

OCT setup. The lateral resolution is equivalent to the beam spot size and it is about      

4.5 μm in tissues. This is sufficient to image tissue microstructures and epithelial cells.  

 

 
 

Figure 4-6: Measured lateral beam spot of 100 mm focal length achromat lens using 
beam power reference points at 1/e2 of maximum beam power. 

 

Imaging Depth 

The OCT scan depth of the 100 mm achromat lens used is characterized with tissue 

phantoms of 1% intralipid, which mimics the optical properties of biological tissues [157-

159]. 100 scans of an axial position in the intralipid are recorded and averaged. Figure 

4-7 shows that the backscattered intensity decay profile stays above the noise floor up to 

a depth of about 1.05 mm from the specular reflection at the fluid surface (refer to ROI). 

This is attributed to the large confocal parameter of the achromat lens.  
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Figure 4-7: Imaging depth characterization of the OCT system with the 100 mm 
achromat lens using 1% intralipid solution. ROI – Region of interest. 

 

SNR 

The sensitivity of the OCT system is an important parameter as OCT is an optical 

imaging modality in which tiny changes in the intensity of light in one arm of the 

interferometer can be detected, even when the intensity level is very low. In our system, 

26 dB (due to double pass) of attenuation was introduced in the reference arm using ND 

filters. 60 dB of attenuation was introduced in the sample arm to prevent the spectrometer 

from saturating. The SNR was characterized by placing a mirror at the sample arm and 

recording the OCT signal. The SNR obtained from the OCT signal is 20 dB (Figure 4-8) 

and the total SNR of the FD-OCT system comes to 106 dB after taking into account the 

attenuations introduced into the reference and sample arms.  
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Figure 4-8: Signal to noise of the FD-OCT system. 

 

Scan Field Flatness 

A flat surface (a mirror) was imaged to quantify the flatness of the scan field. The front 

surface flatness of the mirror was specified to be λ/10 at 633 nm. Figure 4-9 shows an 

OCT image of the mirror. A slight convex curvature of the lateral scan field is observed 

towards the extreme edges, and this is due to the beam traveling a longer distance at the 

start and end points of the scan. The deviation of axial distance is measured to be ~50 

μm, which is small compared to the whole imaging depth. Consequently no changes are 

made to correct for this slight curvature. 

 

 
Figure 4-9: OCT image of a mirror surface. 
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Scan Speed 

The scan speed of the OCT system was measured to be 15 ms per axial scan, or 66 axial 

scans/s. The scan speed of our FD-OCT system is limited by the USB data transfer rates 

of the spectrometer and the scanning rate of the galvanometer steering the mirror.  

 

Axial Distance 

The axial distance accuracy of the FD-OCT system was characterized by imaging a 

reference microscope coverslip stacked on top of a reference microscope glass slide of 

different thicknesses. The OCT axial profile of the measurement is shown in Figure 4-10. 

The first peak on the left is the zero order, which is obtained when the source spectrum is 

not totally removed from the spectral interference fringes prior to FT. The zero peak is 

caused by the DC term in Equation 3.8. This peak does not move when the z-stage is 

translated. The next three small peaks are due to self-interference from the internal 

reflections of the coverslip. These peaks are caused by the autocorrelation terms in 

Equation 3.8. The larger peaks i and ii come from the reflection of the probe beam from 

the top and bottom surface of the coverslip. Peaks iii and iv correspond to the reflection 

of the probe beam off the top and bottom surface of the glass slide. Since the glass slide 

is much thicker than the coverslip, photons reflecting off the bottom of the slide and 

returning through three interfaces are significantly reduced, resulting in a smaller peak. 

The separation between peaks ii and iii is attributed to the presence of an air gap between 

the coverslip and glass slide. The optical thicknesses of the coverslip and glass slide 

deduced from the OCT axial profile are tabulated in Table 4-2.  
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Figure 4-10: (a) Schematic of a microscope cover slip stacked on top of a microscope 
glass slide. (b) OCT axial profile of the reference setup. iiv corresponds to the sample 
interfaces indicated in (a). 
 

Table 4-2: Optical thickness measurement of coverslip and glass slide with OCT. 

Optical Thickness, (mm) 
 
 
 

Measured Physical 
Thickness, tm (mm) 

Refractive Index 
of BK7, 7BKn , at 

840 nm 
Calculated 

7BK mn t  
OCT-

measured 

Cover Slip 0.15 1.51 0.2265 0.2229 

Microscope Slide 1.12 1.51 1.6912 1.7028 
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For comparison, the physical thicknesses of the coverslip and glass slide were measured 

using a vernier caliper and multiplied with the refractive index of borosilicate glass 

(BK7), 7BKn , to obtained the corresponding optical thicknesses. The refractive index of 

BK7 at the OCT wavelength of 840 nm is calculated using the Sellmeier equation [160]: 

 
23

2

2
1

N
n

n n

B
n

C




  
    

     (4.3) 

where  n  is the refractive index of the material with respect to wavelength,   is the 

wavelength of light, and nB  and nC  are the Sellmeier coefficients of BK7 given in Table 

4-3. As shown in Table 4-2, there is good agreement between the calculated and OCT-

measured optical thickness and the slight differences are within the 10 μm accuracy of 

the vernier caliper. 

 

Table 4-3: Sellmeier Coefficients for BK7 Glass [161]. 

Coefficients Value 

B1 1.03961212 

B2 0.231792344 

B3 1.01046945 

C1 0.00600069867 

C2 0.0200179144 

C3 103.560653 

 

Lateral Scan Range 

The lateral scan range of the OCT system was calibrated using a CCD camera placed at 

the focus of the objective lens. The scan mirrors were actuated to the extremes of the 

desired range such that the scanning beam is still within the back aperture of the objective 
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lens, and the resulting images are captured. Since the pixel count and size of the CCD are 

known, the lateral scan range can be determine from the start and end pixels of the 

scanning beam in the images. The lateral scan distance is found to be 6.515 mm and the 

number of lateral axial scan points is set at 1,000 in the OCT system. The number of 

lateral scan points was chosen so that each step is close to the beam spot size at 6.3 μm. 

Each discrete scan step corresponds to about 6.5 μm, which is close agreement to the 

measured lateral resolution.  

 

4.2.2 Flexor Tendon Specimens 

Rabbit flexor tendons were used in this investigation. Freshly excised flexor tendon 

specimens are obtained from the front and hind paws of New Zealand white rabbits and 

are stored in saline solution. Some tendons are severed and sutured back together using a 

2-strand Kessler stitch. The suture thread used was from Prolene (W8556, Size 5-0), a 

blue monofilament polypropylene suture. One continuous thread was used for the repair 

and the thread crosses the severed ends of the tendon twice. The thread is held in place by 

double loops on each tendon end which act as anchor points. One knot holds the two 

suture ends together at the joint. The normal, undamaged tendons had their centers 

marked with a microinjection of dye so that the same points are imaged with OCT. Some 

tendon samples are placed into a saline-filled petri-dish for rest state scans.  

 

For biomechanical loading tests, OCT imaging was performed on the specimens 

immersed in saline solution and secured in a custom-made tendon jig. Weights of 10 g, 

50 g, 100 g, 150 g, 200 g, 300 g, 400 g, 500 g, 750 g and 1000 g were used to stretch the 
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tendon. At each loading point, a 6.521.3 mm3 imaging volume of the sutured joint for 

severed tendons or of the marked location on normal tendons was taken. The 

measurement data was recorded as raw B-scan spectral information and was processed 

using custom Matlab programs to obtain the OCT images. After imaging, the OCT line 

scan region of normal tendon was marked with two microinjections of ink before sending 

it for routine histological processing. Multiple 5 μm thick tissue sections were obtained 

from the marked region and stained with haemotoxylin and eosin (H&E). Bright field and 

polarization images of the normal tendon sections were taken digitally using a standard 

microscope with crossed polarizers. Minor discrepancies between histology and OCT 

images were attributed to tissue fixation, processing, and sectioning artifacts. 

 

4.3 Results 

4.3.1 Rest Sate Normal Flexor Tendon 

The rabbit flexor tendon samples are about 40–50 mm in length with an oval cross-

section. The muscle end has a width of 2.5–3 mm and a thickness of 1 mm while the 

width and thickness near the finger end are 2 mm and 1 mm, respectively. The rabbit 

tendon shown in Figure 4-11a is imaged from right to left starting from the finger end at 

Section A in the figure. Figure 4-11b shows a typical H&E-stained tendon section with 

obvious wave-like arrangement of collagen fibers. The internal structures of the tendon 

section become more obvious when it is observed under a polarization microscope. As 

shown in Figure 4-11c, the polarized light image reveals a series of bright and dark bands 

corresponding to the crimp patterns from the highly organized collagen within the 

tendon. 
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Figure 4-11: Normal tendon rest state imaging. (a) Picture of rabbit flexor tendon with 
finger attached on right end. Section A indicates the OCT line scan region. (b) Bright 
field image of H&E stained tendon cross section at section A. (c) Polarization microscope 
image of tendon cross section at section A. (d) OCT image of flexor tendon at Section A.  

 

The OCT image of the flexor tendon is depicted in Figure 4-11d. A penetration depth of 

600–800 μm in the tendon samples is achieved with the FD-OCT system. The epitenon, a 

protective cover made up of disorganized collagen fibrils surrounding the tendon, is 

observed as a thin uniformly scattering layer on the tendon surface in the OCT image. By 

contrast, the underlying collagen within the tendon is highly organized, and the 

associated vertical and horizontal bands can clearly be discerned. The vertical and 



 83 

horizontal bands in some samples are observed to overlap one another and the relative 

strength of either phenomenon can be used to quantify the local conditions of collagen 

organization in the tendon [143-145]. 

 

The polarization of the incident light in the OCT measurements is also varied, by placing 

a linear polarizer in the light path of the reference and sample arm of the FD-OCT system 

respectively. The linear polarizer in the reference arm is left in a fixed position and the 

polarizer in the sample arm is rotated relative to it. Figure 4-12 shows the OCT images 

of a tendon sample that was imaged at different polarization positions. Figure 4-12a 

shows the tendon OCT image without the polarizers and the vertical bands are clearly 

observed. When the polarizers are introduced, the image quality is reduced due to the 

imbalanced interferometer, leading to dispersion. The main vertical bands are still visible, 

and the sample arm polarizer was rotated from 0° to 135° (Figure 4-12b-e) and the 

vertical banding is observed to remain largely unchanged. This is consistent with the 

general consensus that the vertical bands originate from the wavy crimp patterns of the 

collagen fiber organization in the tendon, which is polarization insensitive [111, 144-

145]. The period of the vertical bands in our rabbit tendon is found to vary between 100 – 

200 μm. By contrast, the horizontal bands in the OCT images are found to shift when the 

polarization of the incident light is varied. This is in good agreement with previous 

studies [111, 162] and indicates that the horizontal bands are induced by collagen 

birefringence. As the light polarization states in the reference and sample arms of the 

OCT system are unknown, the actual phase retardation in the birefringent regions of the 

sample revealed in the OCT images were not extracted in this work. 
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Figure 4-12: Comparison of tendon OCT images with respect to polarization dependence. 
(a) No polarizers, (b) Sample arm linear polarizer at 0° relative to reference arm 
polarizer, (c) Sample arm linear polarizer at 45° relative to reference arm polarizer, (d) 
Sample arm linear polarizer at 90° relative to reference arm polarizer, (e) Sample arm 
linear polarizer at 135° relative to reference arm polarizer. White arrows in each 
subsection points to the vertical bands that do not shift when polarization is changed. 
 

4.3.2 Biomechanical Loading of Normal Flexor Tendon 

The normal flexor tendon used in the biomechanical testing is mounted in the loading rig 

for OCT imaging. As seen in Figure 4-13, the vertical bands are clearly visible when 

there is no tensile load. At 1.0 N load, the bands near the center of the tendon start to 

become less distinct and take on increased scattering. With increasing tensile load, the 

bands near the central region of the tendon first disappear and are replaced by a uniform 

scattering region. This is attributed to the wavy collagen patterns straighten out in a 
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nonlinear way as the tendon fascicles come under load. The straightened collagen fibrils 

scatter incoming light in a uniform manner, thus eliminating the vertical bands. The 

disappearance of the crimp pattern in the OCT images clearly reveals that the first 

mechanical response of the tendon to load occurs in the central region of the sample 

[111]. The uniformly scattering region gradually spreads to the tendon extremities as the 

tensile load increases to 4.0 N. Beyond this load, the uniform scattering intensity in the 

tendon OCT section is observed to increase.  
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Figure 4-13: OCT images of normal rabbit flexor tendon under loads of (a) 0 N, (b) 1 N, 

(c) 2 N, (d) 3 N, (e) 4 N, (f) 5 N, (g) 7.5 N, and (h) 10 N. 
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The OCT image of the flexor tendon after removing the maximum load of 10 N is shown 

in Figure 4-14. The flexor tendon did not return to its original state after the 10 N load 

was removed, indicating that it has been stretched beyond the elastic limit. In addition, 

microtears in the form of horizontal elongated voids cutting across vertical bands in the 

collagen structure are observed in the OCT image. The length and cross sectional depth 

of the microtears are 200–400 μm and 50–100 μm, respectively. These microtears in the 

tendon will lead to a reduced tensile strength and increase the possibility of tendon 

rupture [163-164].  

 

 
Figure 4-14: OCT image of normal rabbit flexor tendon after the maximum load of 10 N 

was removed. Arrows marked the microtears observed in the sample. 

 

4.3.3 Biomechanical Loading of Repaired Flexor Tendon 

The OCT images at the suture joint of a tendon under loads of 0.1 N to 10 N are shown in 

Figure 4-15. No visible gap at the suture joint is observed under loads of 0.1 N and 0.5 N. 

When the load is increased to 1.0 N, a small gap of about 120 m appears at the suture 

joint. The gap separation is observed to increase with load of up to 10 N, as depicted in 

Figure 4-15dj.  It is also noted that the repaired tendon did not return to its original 

position after the maximum load of 10 N is removed, suggesting that the tendon has been 

stretched beyond the elastic limit. In other samples tested, some repaired tendons were 
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observed to rupture at the suture knot when the maximum load is applied. The crimp 

patterns in the unloaded repaired tendon were observed to be highly scattering due to the 

compressive stress produced by the suture. When the repaired tendon is stretched, the 

crimp patterns become more distinct with less scattering as the tensile load counters the 

compressive stress. The suture gap separation is also found to increase linearly with load 

before leveling off beyond a load of 5 N. The 2 mm gap force, typically determined in 

biomechanical testing [165-169] to assess the risk of premature rupture at the repaired 

tendon joint, corresponds to about 5 N. The ultimate tensile force, a quantitative property 

used to describe when the sutured joint totally fails, is found to be approximately 10 N 

from measurements of the OCT images.  
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Figure 4-15: (a)-(j) OCT images of the sutured flexor tendon under loads of 0.110 N. 
White arrow in the 0.1 N and 0.5 N images indicates the location of the tendon joint. 
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4.4 Discussion 

Tendons are structurally detailed with bundles of collagen fibers wrapped in a tendon 

sheath. At rest, the collagen fibers form a wavy crimp pattern which straightens when 

under loading stress [143-145, 170-171]. The scattering characteristics of crimp patterns 

in the OCT images of normal and repaired tendons (Figure 4-13 & Figure 4-15) clearly 

reveal how load is distributed in the tendon samples when load is applied. In some 

normal tendons tested, the vertical crimps in the OCT images were observed not to 

disappear at high loads due to uneven load distribution. In studies investigating the early 

pathophysiologic changes of tendon under cyclic loading [163-164], microtears 

introduced by repetitive, high force hand activities were found to be the precursors of 

tendinopathy. It has been shown such cavitation occurs in materials that are on the verge 

of failure [172] and is a way for the material to dissipate stored energy. The early 

microstructural changes in the repetitively loaded tendon were quantified by the tear 

density and mean tear size in the corresponding H&E-stained tendon sections. 

Histological imaging of microtears is both time consuming and cumbersome. 

Furthermore, we observed that histological preparation can introduce sample damage 

which looks like microtears. In this work, microtears forming within tendons after tensile 

loading of 10 N, while not visible to the naked eye, are clearly seen in the OCT images 

(Figure 4-14). This shows that OCT can also be used to non-invasively image the 

microtear characteristics in injured tendons to better quantify and understand the degree 

of tendon damage.  
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The 2 mm gap in biomechanical testing is traditionally determined from visual inspection 

[165, 167], video recordings [169] or the use of vernier calipers [166, 168]. The use of 

OCT imaging can provide insights to the behavior of the suture joint under load and a 

more accurate determination of the gap size can be achieved. The 2 mm gap force 

measured in the repaired rabbit tendon is found to be in broad agreement with other 

flexor tendon gap forces measured in the same rabbit model [173]. It was found that the 

gap-load relation at gap separations greater than 2 mm becomes nonlinear and this 

suggests that the repaired tendon is experiencing inelastic strain conditions. The suture is 

a rigid and strong monofilament thread that does not stretch under load. Instead, loading 

on the repaired tendon is transferred to the anchor points of the suture. The resulting 

tensile stress at the anchor points would be much greater than that in a normal tendon 

when the same load is applied. Consequently the nonlinear changes in the gap separation 

(above 2 mm) and the inelastic deformation of the repaired tendon under loads greater 

than 5 N are possibly due to microtears forming near the suture joint.  

 

In most tendon repair work, 2 or 3 mm gap at the suture joint are typically chosen to 

study and compare tendon repair techniques [169, 173-174]. It has been shown in clinical 

studies that gap formation is undesirable as gaps larger than 2 mm were associated with 

increased adhesion (scar tissue) formation and limited mobility of the repaired joint 

within the tendon sheath [169, 174]. In particular, gaps of 3 mm or more significantly 

reduced repair strength that led to increased risk of rupture [166]. The results from this 

work suggest that a tendon undergoes inelastic deformation when the gap separation is 

more than 2 mm. This indicates that a 3 mm gap may not be suitable for evaluating the 
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biomechanical performance of tendon repair techniques. Instead, the risk of premature 

rupture at the repaired tendon joint under biomechanical testing should be assessed with 

gap separations of less than 2 mm to ensure elastic deformation in the tendon.  

 

The change from compressive to tensile stress at the suture joint under load is also clearly 

observed as a reduction in the scattering of crimp patterns in OCT images. The cross-

sectional OCT information can be used to ascertain the quality of suture repair 

techniques, and to monitor the healing process in repaired tendons. In the first stage of 

tendon healing, fibroblastic proliferation results in both the synthesis and resorption of 

collagen. Over time, the new collagen becomes more organized to give vertical crimps 

and horizontal bands. Non-invasive, in vivo monitoring of repaired tendon healing can 

also be achieved by quantifying the crimp patterns in the OCT images. 

 

4.5 Summary 

The design, implementation and characterization of a FD-OCT system are described. The 

FD-OCT system is based on an 840 nm center wavelength SLD source to achieve both 

good axial resolution and imaging depth. The FD-OCT system is used to investigate the 

optical characteristics of normal and injured flexor tendons with load. Vertical and 

horizontal bands were observed in the OCT images of rest state tendon. Biomechanical 

tests of both normal and repaired tendons were performed by loading the samples with 

weights of up to 1 kg and imaging them with the FD-OCT system. Images of normal 

tendon under load show increasing brightness with the gradual disappearance of vertical 

bands caused by the straightening of the tendon crimp. Microtears, which are not visible 
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to the naked eye, were observed within the tendon after the maximum load of 10 N was 

removed. The 2 mm gap force and the ultimate tensile force of flexor tendons were found 

to be 5 N and 10 N, respectively. The nonlinear changes in the gap separation (above      

2 mm) and the inelastic deformation of the repaired tendon under loads greater than 5 N 

were attributed to microtears forming near the suture joint. The OCT modality is suitable 

for the non-invasive quantification of tendon biomechanical properties and assessing the 

quality of suture repair techniques, and has great potential for monitoring the healing 

process in repaired tendons. 
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Chapter 5 Dual Window Dual Bandwidth Spectroscopic Metric for Qualitative 

Scatterer Size Differentiation in Tissues 

5.1 Introduction 

The broadband nature of the light source used in OCT imaging allows spectral analysis to 

be performed on the OCT signals to obtain additional information on the properties of 

scatterers in a sample. SOCT, a natural extension to conventional OCT imaging, allows 

particle size distribution to be determined from the extracted depth dependent wavelength 

scattering profile [38, 114-118] in a sample. Spectroscopic differentiation is possible 

when two or more scatterer types in a sample backscatter differently over the wavelength 

range of the OCT light source.  

 

The differentiation of scatterer sizes in a SOCT image is affected by three main factors, 

namely the light source bandwidth, the time-frequency transform used and the choice of 

spectroscopic metric. A broad bandwidth light source increases the ability of the SOCT 

system to record low frequency spectral modulations indicative of small particles, thus 

effectively increasing the spectroscopic resolution [38]. In instances where a non-

broadband spectral bandwidth source is used in the OCT system, the spectral resolution 

of the source spectrum and the detectivity of low frequency spectral modulations can 

become limited. 

 

Spectroscopic analysis with windowed time-frequency transforms (TFT) suffers from the 

tradeoff between time and frequency resolutions when linear transformations such as 

STFT or MWT are used. Bilinear transformations like the Wigner-Ville (WVD) 
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distribution are a further improvement over linear transformations as they can better 

reduce the spread in time-frequency transformation [38, 175]. However, WVDs suffer 

from cross-term effects due to the self-interference of the signal. To overcome these 

limitations, the DW method developed by Robles et al. [116-117] for reconstructing 

TFDs applies a narrow and wide Gaussian window simultaneously to spatial domain data 

(Equation 3.19). The transformed data from each window is then multiplied together to 

achieve a local spectral scattering profile, or spectral modulation, with concurrently high 

spectral and temporal resolutions.  

 

A spectroscopic metric used to describe particle sizes in an SOCT image is generally 

based on the degree of depth-dependent spectral modulation encountered at specific 

depths in a sample. Among the many spectroscopic metrics reported in the literature, the 

bandwidth of the depth-dependent spectral modulation autocorrelation function is the 

most promising due to its insensitivity to Doppler shifts and depth-dependent frequency 

chirp caused by dispersion in SOCT measurements [115]. While the DW method has 

significant advantages over the commonly used STFT and CWT methods [116-117], 

there has not been a systematic study of the spectral modulation autocorrelation 

bandwidths to determine an optimal spectroscopic metric that has the best sensitivity to 

scatterer size. 

 

This chapter investigates how various DW spectral modulation autocorrelation 

bandwidths change with scatterer size and identify an optimal metric for quantifying 

scatterer sizes in SOCT images obtained from the FD-OCT system developed in Chapter 
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4. The spectroscopic analysis of the OCT axial profile is based on the DW method with 

comparisons to the conventional STFT approach. Microspheres of varying sizes were 

first characterized with the DW-SOCT technique to determine a suitable spectroscopic 

metric and its correlation to scatterer size. Simulation was also performed to verify the 

results and to understand the factors affecting the spectrometric metric. The contrast 

enhancement in scatterer size differentiation using the proposed approach is demonstrated 

in the SOCT images of microsphere control and tonsil tissue samples.  

 

5.2 Materials and Methods 

5.2.1 Microsphere Specimens 

Polystyrene microspheres with sizes of 0.5, 1.0, 10, 25, 45 μm in solution were used for 

identifying an optimal spectroscopic metric for quantifying scatterer size. The 0.5, 1 μm 

microspheres are from Fluka, and the 10, 25, 45 μm microspheres are from Polysciences. 

The refractive index of the spheres is 1.59 at 589 nm. 1,000 OCT axial scans at the same 

location for each microsphere solution are recorded and analyzed. The concentrations 

(particles/ml) of the microsphere solutions are shown in Table 5-1. The microspheres 

used in this work are in bold and the other particle sizes are used as comparison to 

explain the choice of the microsphere sizes used for this work. The inter-particle spacing 

values were calculated using a simple model as the particle sizes and the concentration 

values are known, and the basic assumption was that all the particles are equally spaced 

from each other. The implications of the relationship between the microsphere 

concentration and inter-particle spacing on the spectroscopic metric are discussed in a 

later section. 
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Table 5-1: Microsphere sizes and their corresponding concentration and calculated inter-
particle spacing. Microspheres used in this work are in bold and the other microsphere 
sizes are included for comparison. 

Particle Size 

(μm) 

Particle 

Concentration 

(particles/ml) 

Inter-particle 

Spacing (m) 

0.1 3.1 × 1013 4.04 × 10-6 
0.2 4.6 × 1012 6.79 × 10-6 
0.5 3.2 × 10

11
 1.56 × 10

-5
 

1 2.3 × 10
10

 5.47 × 10
-5

 

2 5.6 × 109 5.55 × 10-5 
10 1.82 × 10

7
 6.93 × 10

-4
 

25 1.16 × 10
6
 1.74 × 10

-3
 

45 5.17 × 10
5
 1.19 × 10

-3
 

 

 

5.2.2 Dual Window Spectroscopic OCT Analysis 

The DW method, with significant advantages over the STFT and CWT methods [116-

117], is used for TFT in this work. An autocorrelation is taken of the spectral modulation 

obtained from the DW method and the bandwidth of the resulting autocorrelation 

function is used as the spectroscopic metric. This parameter quantifies the local spectral 

modulation obtained from backscattered light associated with scatterer sizes encountered 

at specific depths in a sample.  

 

The process of spectroscopic analysis of an OCT axial data is illustrated in Figure 5-1. 

The primary and secondary windows are applied to the measured axial profile with the 

center of the windows located at the depth-of-interest (Figure 5-1a). The axial profile has 

a total of 152 2 16384  data points due to the zero-padding performed prior to FT. The 

large number of data points provides good sampling resolution for the windowed data as 
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well as enhancing positional sensitivity [154]. The windows are translated along the axial 

direction, and the primary and secondary windowed profiles at a particular depth are 

shown in Figure 5-1b-c. The resulting k-space scattering profiles depicted in Figure 5-1d-

e are obtained from the FT of these local windowed profiles. The size of the primary and 

secondary windows used in this work are 512 and 4096 pixels, respectively, and are 

chosen to ensure that the conditions of PW SW   are met. These correspond to spatial 

resolutions of 47 μm and 380 μm, respectively, and to spectral resolutions of 7.5 nm and 

0.93 nm, respectively, when evaluating the FWHM of the Gaussian windows.  
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Figure 5-1: Illustration of the spectroscopic analysis of OCT axial data. (a) Applying 
primary and secondary Gaussian windows to an OCT axial profile. (b)-(c) Primary and 
secondary windowed data sections at a particular depth. (d)-(e) Primary and secondary 
windowed k-space local scattering profiles. (f) DW k-space scattering profile. (g)-(h) 
Primary and secondary windowed autocorrelation functions. (i) DW autocorrelation 
function.  
 

The resulting DW k-space scattering profile (Figure 5-1f) is obtained from the product of 

the primary (Figure 5-1d) and secondary scattering profiles (Figure 5-1e). The degree of 
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spectral modulation and the autocorrelation shape of the local spectra are of interest here 

as they can be used to extract information about the distribution of scattering particles 

[115]. This is determined by performing a standard autocorrelation operation on the DW 

scattering profile to obtain a DW autocorrelation function (Figure 5-1i). The 

autocorrelation functions of the primary and secondary windowed scattering profiles are 

shown in Figure 5-1g-h for comparison. The autocorrelation is performed in k-space and 

the unit of the lag-axis is the same as that of wavenumber. In this analysis the lag values 

are expressed in terms of pixel number since only the magnitude of the autocorrelation 

bandwidth values is of concern [115]. The shape of the autocorrelation function is related 

to the size of the scatterers in the sample, as the degree of spectral modulation is directly 

dependent on the diameter and refractive index of the scatterer. Large scatterers will 

produce a high modulation frequency while small scatterers will give rise to low 

modulation frequency [176].  

 

A spectroscopic images is created from combining the structural (represented by OCT 

intensity) and spectroscopic (represented by spectroscopic metric) information together in 

a single color image [115]. The Hue/Saturation/Luminance (HSL) color map [115] is 

used to represent spectroscopic information at each image pixel, where the hue parameter 

encodes the spectroscopic information and the OCT intensity is assigned to both the 

saturation and luminance parameters. Representation of OCT intensity by both saturation 

and luminance gave better structural contrast and more vivid colors in the spectroscopic 

images. A hue range of 0 to 0.6 is used to ensure that spectroscopic metrics mapped to 

the minimum and maximum hue values do not have the same color. The values of 
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saturation and luminance can range from 0 to 1 [115]. The resulting HSL image is finally 

converted to a color RGB image for visualization and quantitative analysis of scatterer 

sizes and distribution.  

 

5.2.3 Tonsil Tissue Specimens 

The spectroscopic metric developed in this work is evaluated with human palatine tonsils. 

The palatine tonsils are lymphoid organs and are situated behind the base of the tongue 

and guard the entrance to the upper respiratory and gastrointestinal tracts. Human 

palatine tonsils, as part of the immune system in the head and neck region, prevent 

infection from exogenous material entering the body. The palatine tonsils are covered by 

stratified squamous epithelium, which are flattened cells arranged in layers on top of the 

basement membrane. The epithelium extends into crypts which penetrate the lymphoid 

tissue deeply [62]. The crypts are like fissures in the epithelium of the tonsil and they 

greatly increase the contact surface between the external environment and lymphoid 

tissue. Under the stratified squamous epithelium, the dense lymphoid tissue contains 

germinal centers which produce lymphocytes.  

 

Freshly excised palatine tonsil specimens are obtained from patients in the National 

University Hospital (Singapore) with approval under DSRB Study Protocol 

OCT_B/07/025. The specimens are placed in a petri-dish with formalin levels above the 

top of the specimen and OCT imaging is performed ex vivo. A 6.512 mm3 imaging 

volume of each tonsil sample is taken using the FD-OCT system described in Section 

4.2.1. The measurement data was recorded as raw B-scan spectral information and is 
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processed using custom Matlab programs to obtain the OCT and spectroscopic images. 

After OCT imaging, the line scan region is marked with two microinjections of ink and 

the tissue is placed into a tube of 10% neutral buffered formalin before sending it for 

routine histological processing. Multiple 5 μm thick tissue sections are obtained from the 

OCT imaging planes and stained with tissue stains haemotoxylin and eosin (H&E) to 

highlight cellular features. Histology images were taken digitally using a standard 

microscope and compared with the OCT images. Minor discrepancies between histology 

and OCT images are attributed to tissue fixation, processing, and sectioning artifacts. 

 

5.3 Results 

5.3.1 Spectral Autocorrelation of Polystyrene Microspheres 

The autocorrelation functions of microspheres obtained from local spectral modulations 

processed with a narrow and a wide STFT window are shown in Figure 5-2a and Figure 

5-2b, respectively. There is limited content of spectral modulations when a narrow STFT 

window is used, and the autocorrelation functions show little variation. The use of a 

narrow STFT window in spatial domain achieves good spatial resolution but poor 

spectral resolution. By contrast, the use of a wide STFT window in spatial domain results 

in poor spatial resolution but good spectral resolution, as evidenced by the large base of 

the autocorrelation functions. 
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Figure 5-2: Autocorrelation functions of local spectral modulations obtained from 
microspheres with differing sizes. (a) Narrow STFT window autocorrelation functions. 
(b) Wide STFT window autocorrelation functions. (c) DW autocorrelation functions. 
Insets: Enlarged view of the autocorrelation functions near their peak values. 
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The DW autocorrelation functions of microspheres with varying sizes are presented in 

Figure 5-2c. The horizontal range (lag) of the DW autocorrelation functions are smaller 

than those reported by Adler et al. [115] due to the smaller light source bandwidth used 

in this work. Despite the smaller range of lag, a richer content of spectral modulations are 

observed in these autocorrelation functions as a result of the concurrently high spectral 

and temporal resolutions provided by the DW technique. As shown in Figure 5-2c, the 

large 25 m and 45 m microspheres exhibit high modulation frequency while the 

smaller 1 m and 10 m microspheres gave low modulation frequency consistent with 

theoretical predictions [176]. The high modulation frequency detected in the smallest    

0.5 m microspheres is attributed to multiple particle scattering within the imaging 

volume [115].  

 

As shown in the inset of Figure 5-2c, the curvature at the peak of the DW autocorrelation 

function generally decreases as the microsphere size decreases from 45 m to 1 m. This 

is in broad agreement with the trend observed by Adler et al. [115]. The larger curvature 

at the peak of the DW autocorrelation function of the smallest 0.5 m microspheres is 

possibly due to multiple particle scattering effects. Other than near the peak of the DW 

autocorrelation function, it is interesting to note from Figure 5-2c that the bandwidth of 

the DW autocorrelation function of different sized microspheres changes differently at 

other heights. To quantify these changes, the DW autocorrelation bandwidths at 10% to 

90% of the peak value in 10% steps are plotted as a function of microsphere size in 

Figure 5-3. The error bars are obtained from the standard deviation of the 1,000 A-scans 

obtained for each sample.  
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Figure 5-3: DW autocorrelation bandwidths at 10% to 90% (a)-(i) of the peak value 
plotted as a function of microsphere size. Error bars represent ±1σ. 

 

It can be seen in Figure 5-3 that the 90% bandwidth, 90m , exhibits the largest change in 

values with microsphere size, confirming that this commonly used metric provides good 

spectroscopic contrast [115]. The value of 90m  is also observed to level off for 

microsphere size larger than 25 μm, indicating that the metric is only sensitive to scatterer 

size smaller than 25 μm. Besides the 90% bandwidth, the 10% bandwidth, 10m , also has 

appreciable monotonic change with microsphere size. This is attributed to the higher 

modulation frequency in the DW k-space scattering profile of large microspheres which 
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broadens the base of the corresponding autocorrelation function. A dual bandwidth (DB) 

metric, DBm , incorporating the monotonically increasing 10% bandwidth and the 

monotonically decreasing 90% bandwidth can be defined as: 

10
DB

90

m
m

m
      (5.1) 

The sensitivity of DBm  to changes in scatterer size using the DW- and the STFT-

calculated (Figure 5-2a) autocorrelation functions are illustrated in Figure 5-4. A 

Gaussian window size of 512 pixels, corresponding to a spatial resolution of 47 μm, is 

used to calculate the STFT autocorrelation functions. The commonly used 90% 

bandwidths are also plotted in Figure 5-4 for comparison.  
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Figure 5-4: Comparison between the STFT-calculated dual bandwidth, mSTDB (‒‒), the 
STFT-calculated 90% bandwidth, mST90 (‒‒), the DW-calculated dual bandwidth, 
mDWDB (‒‒), and the DW-calculated 90% bandwidth, mDW90 (‒‒). The STFT 
Gaussian window size used is 512 pixels, which corresponds to a spatial resolution of 47 
μm. Error bars represent ±1σ. 
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It can be seen in Figure 5-4 that ST90m  is the least sensitive to changing scatterer size. The 

resulting 90% bandwidth metric based on the DW method, DW90m , is found to change 

more significantly when the scatterer size varies from 0.5 m to 45 m. By contrast the 

use of the DB metric defined in Equation 5.1 greatly improves the spectroscopic contrast 

between the small and large scatterers. While the value of DW90m  levels off for scatterer 

size larger than 25 μm (Figure 5-3), an appreciable change is still observed in both the 

DW-calculated and STFT-calculated dual bandwidths, DWDBm  and STDBm , respectively. 

This is obviously due to the use of the 10% bandwidth in these dual bandwidth metrics, 

which continues to increase with scatterer size larger than 25 μm. As evident in Figure 

5-4, the best spectroscopic contrast is obtained with DWDBm .  

 

To test the DWDB metric, spectroscopic images of the 0.5 μm and 45 μm microspheres 

are generated using DWDBm  for comparison. The spectroscopic image is created from a 

HSL colour map where DWDBm  is mapped to the hue value while the OCT intensity is 

mapped to both the saturation and luminance parameters. The linear trend of the 

measured DWDB value with respect to particle sizes between 1 – 25 μm allows it to be 

mapped linearly to the hue value. For ease of visualization, four unique hues 

corresponding to blue, green, orange and red are used to represent DWDBm  corresponding 

to tissue scatterer sizes of less than 3.5 μm, 3.57 μm, 710.5 μm and more than 10.5 

μm, respectively. The resulting spectroscopic images for the 0.5 μm and 45 μm 

microspheres are shown in Figure 5-5. 
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Figure 5-5: (a, d) Conventional intensity-based OCT, (b, e) STFT spectroscopic images, 
and (c, f) DWDB spectroscopic images of (a, b, c) 0.5 μm and (d, e, f) 45 μm 
microspheres in solution.  

 

The conventional intensity-based OCT image of 0.5 μm microspheres in Figure 5-5a 

reveals a uniformly scattering cross-section whose intensity diminishes with depth in the 

sample. In the case of the 45 μm microspheres, the particles settle to the bottom of the 

solution quickly and stack up due to their large size. Consequently, the corresponding 

intensity-based OCT image of the 45 μm microspheres (Figure 5-5d) shows a similarly 

uniform scattering region with significant granularity. It is also noted that the OCT 
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signals from the 45 μm microspheres are weaker than those from the 0.5 μm 

microspheres. This is due to the much smaller concentration of the 45 μm microspheres 

as compared to the small microspheres, rendering the strength of the scattered signals to 

be significantly lower. The high reflectivity layers at the surface of the samples are due to 

specular reflection. As seen in Figure 5-5b, , the STFT spectroscopic image of the 0.5 μm 

microspheres is colored in green and this is not consistent with the small sized scatterers 

at <3.5 μm present in the sample. This is not accurate as the sample comprises of 0.5 μm 

microspheres. For the 45 μm microspheres, the STFT spectroscopic image in Figure 5-5e 

shows a largely red and green hue which is indicative of large sized scatterers >10.5 μm 

in size. The DWDB spectroscopic image in Figure 5-5f showed largely red hue which is 

indicative of the large scatterers (> 10.5 μm) in the sample. The blue and green hues 

present in Figure 5-5f is attributed to specular reflection and interparticle scattering due 

to the space between the microspheres, which manifest as small scatterers in the 

spectroscopic image. The resulting spectroscopic images between the two microsphere 

control samples can clearly be distinguished using DWDBm .  

 

5.3.2 Spectroscopic Imaging of Human Palatine Tonsils 

The DWDB spectroscopic metric was evaluated with ex vivo imaging of human palatine 

tonsil samples to compare its performance with conventional approach. Figure 5-6a 

shows the histological section of a tonsil sample diagnosed with chronic tonsillitis. 

Chronic tonsillitis is a condition in which recurring viral or bacterial infections of the 

tonsils lead to constant inflammation and soreness. When the tonsils are chronically 

inflamed, they swell and lead to significant, persistent pain in the throat and jaw. Surgery 
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is necessary in most cases of chronic tonsillitis to relieve symptoms and help prevent 

future throat infections. 
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Figure 5-6: Images of human palatine tonsil with chronic tonsilitis: (a) H&E-stained 
histological section, (b) conventional intensity-based OCT image, (c) spectroscopic 
image based on STFT-calculated 90% bandwidth metric, and (d) spectroscopic image 
based on DWDB metric. In (c) and (d), tissue scatterer sizes of < 3.5 μm, 3.57 μm, 
710.5 μm and > 10.5 μm are mapped to the blue, green, orange and red hue, 
respectively, for clarity. Regions i, ii and iii are loose connective tissue, squamous 
epithelium and lymphoid tissue, respectively. 
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The intensity-based OCT image of the tonsil sample shown in Figure 5-6b barely reveals 

several identifiable regions observed in the corresponding histological section. Region i is 

identified as loose connective tissue comprising collagen and elastin. This tissue is 

optically highly scattering as compared to the underlying lymphoid tissue, and very good 

contrast is obtained in the intensity-based OCT image. A section of squamous epithelium 

marked as region ii is found embedded in the highly scattering loose connective tissue. 

The size of the epithelial cells, as measured from histology and after accounting for cell 

shrinkage of about 15% post histological preparation [177], is greater than 7 μm. Region 

iii contains lymphoid tissue, which makes up the bulk of tonsil tissue. The lymphoid 

tissue is very dense and the OCT contrast is much reduced due to this tissue property. 

The lymphoid cells are found to have an average cell size of about 7 μm from histological 

measurement. The tonsil tissue structures observed in the intensity-based OCT image can 

be broadly correlated with the histological image.  

 

The spectroscopic images of the tonsil tissue based on the STFT-calculated 90% 

bandwidth metric and the DWDB metric are depicted in Figure 5-6c and Figure 5-6d, 

respectively. These spectroscopic images are created using the same color scheme as as 

that of the microsphere controls (Figure 5-5b and 5-5d), where the relevant spectroscopic 

metric is mapped to one of the 4 hues (blue, green, orange and red) in the HSL colour 

map. As shown in Figure 5-6c, the different sized cells in regions i, ii and iii are not 

differentiable due to the poor sensitivity of the STFT-calculated metric to particle size. 

By contrast, the DWDB spectroscopic image in Figure 5-6d clearly differentiates the 

different sized cells in the sample. Both the larger epithelial and lymphoid cells in regions 
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ii and iii are correctly assigned the orange and red hue while the connective tissues are 

represented in blue and green. These are in broad agreement with histological 

observations. 

 

The images of another tonsil sample diagnosed with chronic tonsillitis and reactive 

hyperplasia are shown in Figure 5-7. Reactive hyperplasia is a condition in which the 

number of cells in a tissue increases in response to the presence of a pathogen. In the 

histological image of Figure 5-7a, regions x and y are identified as the upper epithelium 

and the basal cell layer, respectively. The upper layer of the epithelium is sparsely 

populated with cells as compared to the basal layer and comprises squamous cells of less 

than 7 μm in size from histological measurement. The cells in the basal layer are found to 

be larger than 8 μm in size. These layers are barely identifiable in the intensity-based 

OCT image of Figure 5-7b due to the poor contrast. The epithelium layer is relatively 

thick and light does not penetrate sufficiently into the lymphoid tissue. Consequently, the 

lower lymphoid tissue is not visible in Figure 5-7b. Using the same spectroscopic color 

scheme, the spectroscopic images computed based on the STFT-calculated 90% 

bandwidth metric and the DWDB metric are shown in Figure 5-7c and Figure 5-7d, 

respectively. The upper epithelium and basal layer are not distinguishable in the STFT-

calculated 90% bandwidth spectroscopic image. On the other hand, the cells in the upper 

epithelium are represented by blue and green whereas the cells in the basal layer are 

represented by orange, giving clear contrast to cellular size differences. The cellular sizes 

identified in the DWDB-SOCT image are also in broad agreement with histological 

observations. 
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Figure 5-7: Images of human palatine tonsil with chronic tonsilitis and reactive 
hyperplasia: (a) H&E-stained histological section, (b) conventional intensity-based OCT 
image, (c) spectroscopic image based on STFT-calculated 90% bandwidth metric, and (d) 
spectroscopic image based on DWDB metric. In (c) and (d), tissue scatterer sizes of < 3.5 
μm, 3.57 μm, 710.5 μm and > 10.5 μm are mapped to the blue, green, orange and red 
hue, respectively . Regions x and y are the upper epithelium and the basal cell layer, 
respectively. 

 

5.4 Discussion 

The DW spectroscopic analysis of OCT signals from the characterization of different-

sized microspheres reveals two autocorrelation bandwidth parameters, 90m  and 10m , that 

have significant monotonic change with scatterer size. A DB metric defined as the ratio 

of these two parameters (Equation 5.1) gives an optimal DWDB spectroscopic metric that 

can be correlated to scatterer size. The error bars associated with the measured bandwidth 

values in Figure 5-3 and Figure 5-4 arise from several factors. Firstly, the measurement 

of microspheres in solution represents a dynamic system in which the particles are always 
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moving. Immobilizing the microspheres in a gel would narrow the error bars. This is 

generally not a concern when imaging tissues since the tissue scatterers are generally 

immobile. The other factor is related to the Michelson configuration of the OCT system. 

The presence of a reference arm is found to introduce fluctuations into the measurements. 

Test measurements on the microspheres are carried out with an improvised common path 

OCT configuration using a microscope coverslip as the reference surface and the standard 

deviation of the metric values is greatly reduced (results not shown). Consequently the 

limit in spectroscopic resolution imposed by this factor can be minimized through the use 

of an appropriate OCT detection scheme.  

 

Scatterer concentration is a sample parameter which affects the spectroscopic metric, and 

this is observed from the microsphere calibration experiments. Higher particle 

concentrations affect the spectroscopic metric adversely due to the limited inter-particle 

distance that is usually below the axial resolution limit of the OCT system (Table 5-1). 

The DWDB metric becomes inaccurate in relating to particle sizes when this happens. 

We observed in the spectroscopic metric calibration experiments that when using 

particles smaller than 0.5 μm, the metric values become more indicative of larger 

particles, similar to the results that Adler et al. reported [115]. However, we observed a 

threshold inter-particle spacing value that corresponds to stable spectroscopic metric 

values which occurs when particle concentrations are sufficiently low to have inter-

particle distances that is above the axial resolution of the OCT system. In this work, 

particles that fall into this category are above 0.5 μm in size. This is part of the reason 
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why the particle sizes of 0.5, 1, 10, 25 and 45 μm were used to calibrate the spectroscopic 

metrics shown in this work. 

 

Simulation of the spectral interference fringes resulting from various scatterer sizes was 

performed to verify and understand the microsphere results. The spectral interference 

fringes obtained for microsphere sizes of 0.545 μm using a 840 nm center wavelength 

light source with 40 nm bandwidth are shown in Figure 5-8a. It can be seen in Figure 

5-8a that the frequency of the interference fringes increases with scatterer size. Scatterer 

sizes that are smaller than the theoretical axial resolution of about 10 μm do not exhibit 

interference fringes due to the limited spectral bandwidth of the light source. The 

calculated autocorrelation functions of the spectral interference fringes for various 

scatterer sizes are depicted in Figure 5-8b. It can be observed that the autocorrelation 

functions of large scatterers exhibit oscillatory features near the peak positions. This can 

cause the DB metric values to change in a nonlinear manner with scatterer size. 
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Figure 5-8: Simulated (a) OCT spectral profiles and (b) autocorrelation functions for 
scatterer sizes of 0.545 μm. The center wavelength and bandwidth of the light source 
are 840 nm and 40 nm, respectively.  
 

The simulated DWDB metric values for the 840 nm center wavelength, 40 nm bandwidth 

light source are presented in Figure 5-9a. White Gaussian noise with SNR of 15 dB is 

added to the wavelength scattering spectra to mimic the experimental measurement 

conditions. A linear relation is observed for scatterer sizes in the range of 532 μm. 

Beyond a scatterer size of ~32 μm, the simulated DWDB metric is found to dip before 

leveling off a constant value. The simulated DWDB metric also did not show any 
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noticeable change for scatterer sizes below 5 μm due to limited bandwidth of the light 

source. This indicates that subtle changes in the spectral modulation are still detectable 

via the DWDB metric for scatterer sizes down to half the axial resolution. The smallest 

resolvable scatterer size in tissue with the DWDB metric is therefore 3.57 μm using the 

FD-OCT system developed in this work. The experimentally measured DWDB metric, 

included in Figure 5-9a for comparison, is found to be in broad agreement with the 

simulated results. The dip in the metric value at a scatterer size of ~35 μm was not 

experimentally observed since microsphere around this size was not measured.  
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Figure 5-9: Simulated DWDB values for 840 nm center wavelength light sources with 
bandwidth of (a) 40 nm, (b) 20 nm and (c) 80 nm. The measured DWDB values are 
included in (a) for comparison. 
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To appreciate the influence of the light source bandwidth, DWDB metric values from 840 

nm center wavelength light sources with bandwidths of 20 nm and 80 nm are also 

calculated and shown in Figure 5-9b and Figure 5-9c, respectively. With the smaller 

bandwidth light source, the DWDB metric did not exhibit any change for scatterer size of 

less than ~10 μm although the linear change is found to extend to the largest simulated 

scatterer size of 45 μm. For the 80 nm bandwidth light source, the smallest detectable 

scatterer size improves to 2 μm but the linearity with scatterer size is limited to a 

maximum scatter size of ~14 μm. The DWDB metric is observed to undergo sawtooth 

oscillations beyond a scatter size of 14 μm. This is attributed to the appearance of high 

frequency side-lobes in the spectral autocorrelation profiles of large scatterers which can 

affect the linearity of the metric values. These simulation results show that there is a 

trade-off between the smallest detectable scatterer size and the maximum scatterer size in 

the linear range of the DWDB metric. Consequently the OCT light source has to be 

appropriately selected to suit specific SOCT applications. Alternatively this trade-off can 

potentially be overcome by using a suitably large bandwidth light source to detect the 

smallest scatterer size and subsequently digitally limiting the light source bandwidth to 

achieve the desired linear monotonic range for quantifying the large scatterers. 

 

The DWDB spectroscopic metric was evaluated by imaging two tonsil tissue samples and 

differences in scatterer size in the samples are clearly differentiated in the corresponding 

spectroscopic images. The enhanced contrast in scatterer size differentiation achieved in 

the DWDB spectroscopic images is attributed to the use of an optimized DB metric 

determined from DW autocorrelation profiles with concurrently good spatial and spectral 
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resolutions. The improved contrast enhancement achieved with the DWDB technique has 

potential applications in the identification of abnormal changes in bulk material or tissue. 

For instance, oral carcinogenesis is accompanied by normal cells undergoing cellular 

changes where the cell nucleus expands by almost 50% with little to no cytoplasm 

remaining [28-31] and malignant cells multiplying in the basal membrane of the mucosal 

tissue [32-33] between the epithelium and lamina propria, a thin layer of loose connective 

tissue beneath the epithelium. The morphometric parameters of basal cell in different oral 

carcinogenesis stages was investigated using histological methods and the basal cell 

nuclear diameters of normal and squamous cell carcinoma (SCC) were found to be 

7.17±0.73 μm and 10.28±0.9 μm, respectively, an increase of about 40% [30]. Normal 

and cancerous rat colon cell nuclear diameters were found to be 5.15±0.05 μm and 

7.23±1.21 μm, respectively [39], a similar increase of about 40%. Such abnormalities in 

the form of an enlarged cell nucleus or abnormal dense cluster compared to the 

surrounding cells can easily be detected using the proposed DWDB technique.  

 

The relative sizes of the primary and secondary window for the DW method affects 

scatterer size differentiation. The ratio of secondary to primary window size used in 

literature is of a value of 1416 [117, 135]. The primary and secondary window sizes 

were varied and a ratio of 8 is found to significantly reduce computation time while 

achieving reasonably good scatterer size differentiation. The choice of the secondary 

window size is important, especially in multi-layered tissue media. If the secondary 

window is too large, the resulting local spectral modulations extracted could contain 

scatterer information from multiple layers, thereby reducing the spatial resolution. 
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Therefore a suitably selected secondary window size is necessary to maintain good 

spatial resolution.  

 

5.5 Summary 

The autocorrelation bandwidths of DW k-space OCT scattering profile of 0.5 μm to       

45 μm microspheres and their correlation to scatterer size were investigated. A DB 

spectroscopic metric defined as the ratio of the 10% to 90% autocorrelation bandwidths 

gave the best contrast enhancement for scatterer size differentiation in the resulting 

spectroscopic image. The DWDB metric is found to exhibit a monotonic change with 

microsphere size. Simulation of the DWDB metric supports the experimental results and 

revealed a trade-off between the smallest detectable scatterer size and the maximum 

scatterer size in the linearity range of the DWDB metric, which depends on the choice of 

the light source optical bandwidth. Spectroscopic images of polystyrene microspheres 

and tonsil tissue samples based on the proposed DWDB metric showed clear 

differentiation between different-sized scatterers as compared to those determined with 

conventional STFT-calculated metric. Differences between connective tissue, epithelial 

and lymphoid cells, as well as between the upper and lower epithelium cells, of tonsil 

tissues are clearly observed in the SOCT images. The DWDB metric greatly improves the 

contrast in SOCT imaging and can aid the visualization of abnormal cell distribution in 

biological tissues and samples. Potential applications include the early detection of cell 

nuclear changes in tissue carcinogenesis, the monitoring of healing tendons and cell 

proliferation in tissue scaffolds.  
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Chapter 6 Monitoring the Effect of Bone Marrow-Derived Mesenchymal Stem 

Cells on Flexor Tendon Healing with SOCT 

6.1 Introduction 

6.1.1 Background 

Morphologically, the tendon is a complex composite material consisting of collagen 

fibrils embedded in an extra-cellular matrix (ECM) of proteoglycans. Proteoglycans are 

proteins that form a major component of mammalian ECM which can be used as raw 

material to form collagen. The collagen fibrils are closely packed, highly ordered parallel 

bundles (Figure 6-1a). Collagen is a birefringent biological material due to its molecular 

structure [49], which shows up as bright bands in polarization microscope images (Figure 

6-1b). Tendons have a relatively low concentration of cells. Fibroblasts, the predominant 

cell type within tendons, are arranged in the spaces between the parallel collagen bundles. 

As shown in Figure 6-1c, the cell bodies are rod- or spindle-shaped and oriented in rows 

when seen microscopically in a longitudinally derived section. Fibroblasts when not 

engulfed by tissue have a branched cytoplasm surrounding an elliptical nucleus. Human 

fibroblast cell nuclei have a transverse size of about 50 μm and an axial size of about 20 

μm [178], as depicted in Figure 6-2.  

 

The major constituent of tendon is type I collagen (86% fat-free dry weight). Collagen 

molecules are made up of 3 collagen chains in a triple-helix structure. In this way, 

collagen molecules combine to form ordered units of microfibrils (5 collagen molecules), 

subfibrils, and fibrils (Figure 6-3). These units are arranged in closely packed, highly 

ordered parallel bundles that are oriented in a distinct longitudinal pattern, with 
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proteoglycans in association with water incorporated in an ECM, binding the fibrils 

together to form fascicles. At the fascicle level, the collagen bundles form a distinctive 

wavy- pattern called crimps.  

 

 
 
Figure 6-1: H&E stained histological section of a human flexor tendon. (a) Brightfield 
and (b) polarization microscope images reveal parallel rows of fibroblasts lying between 
collagen bundles (100× magnification). (c) Magnified section showing the spindle-shaped 
fibroblasts (250× magnification) [140]. 
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Figure 6-2: Bright-field microscope image of a human fibroblast cell [178]. 
 

 
 

Figure 6-3: Schematic representation of the micro-architecture of a tendon [140]. 
 

The fascicles within the tendon are bound together by loose connective tissue, the 

endotenon, which permits longitudinal movement of collagen fascicles and supports 

blood vessels, lymphatics and nerves. Tendons typically carry tensile forces. Tendons 

that bend sharply, such as flexor tendons of the hand, are enclosed by a tendon sheath that 

acts as a pulley and directs the path of the tendon. A protective layer of disorganized 

collagen called the epitenon covers the surface of the tendon and the sliding of the tendon 

is assisted by synovial fluid.  

 

Surgery is usually needed to suture severed tendons back together, as they cannot heal 

unless the cut ends of the tendons are touching. During the healing process, fibroblasts 
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use raw materials in the surrounding matrix to rebuild the collagenous structures within 

the tendon. Tendon healing involves an inflammatory phase from 48 to 72 hours after 

suture repair, a fibroblastic- or collagen-producing phase from 5 days to 4 weeks, and a 

remodeling phase that continues until approximately 112 days (16 weeks). During the 

inflammatory phase of tendon healing (week 1) (Figure 6-4) the strength of the repair is 

almost entirely imparted by the suture itself with a modest contribution from the fibrin 

clot between the tendon ends. The laceration site is filled with cells that originate from 

extrinsic tissue, the epitenon, and the endotenon. The cells proliferate, and their function 

is largely to devour cell debris and the synthesis of new collagen. At 3 weeks (Figure 6-4) 

there is marked fibroblastic proliferation from the endotenon and epitenon, and these 

fibroblasts participate in both synthesis and resorption of collagen. The fibroblasts and 

collagen are in a plane perpendicular to the long axis of the tendon and revascularization 

(formation of blood vessels) increases at the repair site, including penetration of the 

former non-vascularized zones by a new vessels. At 8 weeks (Figure 6-4) the collagen is 

mature and realigned in a linear fashion. Adhesions are stimulated both by the initial 

trauma to the tendon and sheath, and by immobilization.  

 

Many studies have been conducted to improve tendon healing and accelerate the rate of 

recovery. Research include tendon tissue scaffolds for seeding of tenocytes and eventual 

implantation [146-147], acellularized (removal of cells) and reseeded tendon constructs 

to increase mechanical strength and biocompatibility [179], addition of growth factors to 

assist in tenocyte proliferation [180] and the use of mesenchymal stem cells (MSCs) to 
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increase tendon healing rate [22, 181-182]. Many adult tissues contain populations of 

stem cells that have the capacity for renewal after trauma, disease or aging [183].  

 

 
 
Figure 6-4: The biological sequence of tendon healing [171]. (Top left) Tendon healing at 
1 week. (Top right) Tendon healing at 3 weeks. (Bottom) Tendon healing at 8 weeks. 

 

The adult bone marrow contains MSCs which contribute to the regeneration of 

mesenchymal tissues such as bone, cartilage, muscle, ligament, tendon, adipose and 

stroma (Figure 6-5). MSCs can be derived from the host (autologous) or derived from 

external donors of the same species (allogeneic). Allogeneic MSCs have been found to 

perform similarly to autologous MSCs [184], and most importantly, no adverse host 

immune response was detected after implantation [185-186]. The significance of this is 

that an allogeneic MSCs can be isolated from any donor, grown, and cryopreserved, 

providing a readily available source of cells for clinical use. Furthermore, the allogeneic 
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MSCs can be introduced into another host without the use of immunosuppressive 

therapy. 

 

 
 
Figure 6-5: Phase contrast light microscope image of human MSCs, which are spindle 
shaped, fibroblast-like cells [186]. Scale bar represents 50 μm. 
 

In clinical practice, tendon rupture or laceration requiring primary surgical repair is more 

commonly encountered than defects requiring grafting of a tissue-engineered construct 

[22]. Thus, the direct control of tendon healing rate at the injury site is important, and the 

direct introduction of MSCs to the injured tendon is efficacious in terms of tendon 

healing rate and high proliferation speed in culture without senescence (biological aging) 

[22, 181-182]. In MSC assisted tendon healing studies, bright-field microscopy is used 

for imaging tissue sections [22]. Cellular morphology and tissue features can be observed 

clearly, aided by appropriate tissue stains. However, the histological assessment process 

is time consuming and above all, destructive. As such, the monitoring of the healing 

process of the same tendon over a certain time period is not possible.  
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6.1.2 Motivation 

In early tendon imaging, conventional OCT has been used to study the optical 

characteristics of tendons [144-145, 162]. Vertical and horizontal banding patterns were 

observed from TD-OCT images of sheep tendons [162]. The horizontal bands in the OCT 

images were observed to be polarization-dependent and they were attributed to collagen 

birefringence due to the crimp of the fibril. The vertical banding was attributed to the 

structural organization of the tendon and the vertical crimps were found to gradually 

disappear when strain is applied to the tendons. In a subsequent work, TD-OCT [144] 

was used to visualize and determine how crimp period changes as a function of applied 

tensile strain in rat tail tendon fascicles. The vertical crimp period was found to increase 

nonlinearly with strain. The physical origin of the crimp pattern was suggested to be 

strong reflections from the crests and troughs of the crimp waveform in the tendon. 

Tissue microstructure and birefringence in pig tendons, when  monitored with 

conventional OCT, also show up as horizontal and vertical bands in the OCT images 

[145].  

 

The most recent research focuses on PS-OCT to extract phase information from 

birefringent tissue samples like tendons or ligaments [106-107, 111, 147, 187]. Optical 

properties of the sample such as phase retardation, birefringence, Stokes vector and Jones 

vector, can be extracted from careful measurement of vertical and horizontal polarization 

states of backscattered light from a sample. Human tendons were imaged in a study using 

a PS-OCT system [111] and normal tendons with organized collagen were found to 

exhibit birefringence bands. All ruptured tendons were found to be highly scattering 
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while some do not exhibit birefringence bands. Vertical crimp patterns observed in the 

OCT images were found to be insensitive to input polarization. This was also attributed 

to changes in the scattering angles generated by the micro-structural wavy shape of the 

collagen bundles. By contrast, there has not been any work done on monitoring the 

recovery phase in tendon healing using OCT or SOCT. The DWDB-SOCT technique 

developed in chapter 5 can potentially be used to monitor the tendon healing process over 

a time period with cell type differentiation.  

 

The monitoring of the effect of bone marrow derived mesenchymal stem cells (BMSCs) 

on healing flexor tendons in a rabbit model using the DWDB-SOCT technique is 

presented in this chapter. BMSCs possess spindle-shape morphology similar to 

fibroblasts [11], making it very difficult to tell them apart even through histology, except 

when immunohistochemistry is used. SOCT can provide additional information on the 

distribution of fibroblast cells and BMSCs within the injured tendon region based on the 

differentiation of cell nuclei sizes and the surrounding collagen matrix. Four different 

tendon seeding groups based on the types and quantity of stem cells introduced to the 

injury site, namely TISSEEL control (fibrin glue), 1 million (1M) autologous BMSCs, 

1M allogeneic BMSCs and 4 million (4M) allogeneic BMSCs, are established for 

comparison. The distribution of fibroblasts at the injury site for flexor tendons at 3 and 8 

weeks healing time points were observed in the DWDB-SOCT images. These time points 

are chosen to coincide with the fibroblastic proliferation and the collagen remodeling 

phases of the healing process, respectively. Histological images of a healing tendon at 3 

weeks are also presented to highlight important details. Quantitative analysis of fibroblast 
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concentration at the injury site were performed and the results showed that the BMSCs 

are effective at promoting tendon healing in the early stages.  

 

6.2 Materials and Methods 

6.2.1 Bone Marrow-Derived Mesenchymal Stem Cells 

BMSCs are obtained from anesthetized rabbits by means of bone marrow aspiration from 

the iliac crest, and processing is performed as described by Chong et al. [22]. The 

aspirate is mixed with bone marrow-derived mesenchymal stem cell growth medium 

(ratio, 1:2) consisting of Dulbecco’s modified Eagle medium (DMEM; Sigma, St Louis, 

Missouri), 1% penicillin-streptomycin (Sigma) and 10% fetal bovine serum (HyClone, 

Logan, Utah). The samples are washed twice with medium and were centrifuged at 2000 

rpm for five minutes. The supernatant is discarded, and the resulting cell pellet is 

resuspended with medium to make up 15 mL and was subsequently plated onto T-75 

culture flasks. Cells are grown in an incubator at 37°C, humidified with 5% CO2. After 

five days, the contents of the flask are removed and washed with medium, leaving behind 

BMSCs that adhered to the bottom of the flask. Once confluent, the BMSCs are detached 

using trypsin and serially subcultured. Second passage cells are used for implantation. 

Cells isolated with this technique have a fibroblast-like appearance and have been shown 

to be capable of multipotent differentiation [183, 188]. 

 

6.2.2 Rabbit Model 

Female New Zealand white rabbits (weight of 2.53 kg) are used under the guidance of 

the Institutional Animal Care and Use Committee and with approval of our institutional 
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review board. The animals are anesthetized with a combination of an intramuscular 

ketamine (50 mg/kg) and xylazine (10 mg/kg). 2.5 ml 1% xylocaine was administered on 

both rear paws as local anesthesia. Under aseptic condition, a small longitudinal incision 

is made over the index finger and ring finger of the paws. The skin and subcutaneous 

tissues are retracted to expose the flexor tendons. The flexor digitorum profundus 

equivalent tendon in the middle of zone II is completely divided using a surgical blade. 

Both tendons are repaired with a Prolene 5/0 suture under loupe magnification using a 

modified Kessler’s repair, as shown in Figure 6-6a. Proximally, the tendon is divided at 

the common tendon origin to unload the repair. One of the two digits is randomly 

assigned to receive BMSC treatment with 100 μl TISSEEL (Baxter, Singapore) as 

mounting medium and the remaining digit serves as control with just TISSEEL. In order 

to monitor the effect of BMSCs on flexor tendon healing, 4 different seeding groups 

based on the types and quantity of stem cells introduced to the injury site, namely fibrin 

glue control, 1M autologous BMSCs, 1M allogeneic BMSCs and 4M allogeneic BMSCs 

are used for comparison. The infusion of the BMSC solution to the tendon repair site is 

illustrated in Figure 6-6b. The BMSC solution is left to set for two minutes in the repair 

site before wound closure (Figure 6-6c). The tendon sheath is left unclosed and the skin 

wound is closed. After surgery, the animals are allowed to move around unhindered 

within the cage and fed ad libitum.  
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Figure 6-6: Flexor tendon surgery. (a) Suturing of an injured tendon on a rabbit’s paw. 
(b) Infusion of BMSC solution to tendon repair site. (c) Post-infusion of BMSC solution, 
prior to closure of wound. 
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6.2.3 Tendon Imaging 

There are two time points for harvesting the rabbit flexor tendons for ex vivo imaging, 

one at 3 weeks and the other at 8 weeks. These time points are chosen to coincide with 

the fibroblastic proliferation and the collagen remodeling phases of the healing process 

respectively. At each time point, the rabbits were sacrificed and the flexor tendons were 

surgically excised for analysis. A normal flexor tendon with the finger attached on the 

right side is shown in Figure 6-7a. A repaired flexor tendon surgically sutured back 

together is shown in Figure 6-7b, where the blue suture thread compresses the severed 

ends together. Figure 6-7c shows a BMSC seeded flexor tendon at 3 weeks and a 

translucent tissue covering the injury site is observed. At 8 weeks, the translucent tissue is 

still present but the section is not clearly visible when the tendon is wet (Figure 6-7d). 

 

A 6.512 mm3 imaging volume of the sutured joint is taken ex vivo with the FD-OCT 

system described in chapter 4. The measurement data is recorded as raw B-scan spectral 

information and is processed using custom Matlab programs to obtain both OCT and 

spectroscopic images. After imaging, the OCT line scan region of a normal tendon is 

marked with two microinjections of ink before sending it for routine histological 

processing. Multiple 5 μm thick tissue sections are obtained from the marked region and 

stained with H&E. Bright field and polarization images of the normal tendon sections are 

taken digitally using a standard microscope with crossed polarizers. Minor discrepancies 

between histology and OCT images are attributed to tissue fixation, processing, and 

sectioning artifacts.  
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Figure 6-7: (a) Normal flexor tendon. (b) Repaired flexor tendon with no cell seeding. (c) 
BMSC seeded healing flexor tendon at 3 weeks. (d) BMSC seeded healing flexor tendon 
at 8 weeks. 
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6.3 Results 

6.3.1 Repaired Flexor Tendon Histology 

The H&E stained bright-field and polarization images of the healing flexor tendon 

sample at the 3 week time point are shown in Figure 6-8. Figure 6-8a shows the bright-

field image of the H&E stained tendon section. The center portion of the tendon was 

injured and healing took place in region i. The healing tendon section in region i shows 

up as predominantly blue-purple in the bright-field image due to the high concentration 

of fibroblasts, whose nuclei are stained by haemotoxylin. The interface between the 

healing and normal tendon sections is marked as region ii. Region iii comprises of 

organized collagen, stained pink, in the uninjured part of the tendon. The holes in the 

tendon caused by the suture thread holes show up as oval puncture voids in the 

histological section.  

 

The corresponding polarization image of the tendon section is depicted in Figure 6-8b. A 

marked difference between the normal and healing sections is observed. The highly 

organized collagen in the normal section shows up as light and dark bands in the 

polarization image due to their optical anisotropy. By contrast, the healing section is rich 

in fibroblasts but deficient in organized collagen. Consequently, this section appears as a 

dark region in the polarization image.   
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Figure 6-8: Flexor tendon histology at 3 week healing time period. (a) Bright-field image 
of flexor tendon section. Regions iiii are the healing, healing interface and normal 
tendon sections respectively. (b) Polarization image of flexor tendon section. (c) Bright-
field and (d) polarization images of healing tendon section in region i. (e) Bright-field 
and (f) polarization images of healing interface tendon section in region ii. (g) Bright-
field and (h) polarization images of normal tendon section in region iii.  
 

Normal tendons typically contain a very low concentration of fibroblast cells. In the early 

stages of tendon healing after injury, the density of fibroblast cells is the highest at the 

injured region and the number drops significantly during the collagen remodeling phase. 
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Figure 6-8c, e and g show the magnified bright-field H&E stained tendon sections at 

regions i, ii and iii, respectively, while the corresponding polarization images are 

depicted in Figure 6-8d, f and h. It can be seen in Figure 6-8c that fibroblast proliferation 

is dominant and there is a high cell concentration at the healing site synthesizing and re-

absorbing collagen. The fibroblast cells are spindle-shaped with an elliptical nucleus, and 

the cell nuclei have transverse sizes of 7–20 μm and axial sizes of 4–7 μm. There are 

local pockets of collagenous organization (small bright regions in Figure 6-8d) but the 

concentration remains low.  

 

The collagen remodeling and reorganization phase shows moderately high concentrations 

of fibroblasts in certain bands of the tendon (Figure 6-8e). The center band in the bright-

field image is observed to have a much lower cell concentration and the corresponding 

location in the polarization image of Figure 6-8f shows up as a bright band. This indicates 

that the center band has completed the remodeling of collagen. The normal tendon 

section in region iii (Figure 6-8g) has highly organized collagen forming a wavy crimp 

pattern which shows up clearly in both the bright-field and polarization images. Only a 

very small number of fibroblasts are found between the collagen fibrils of normal tendon.  

 
 
6.3.2 Spectroscopic Imaging of Repaired Flexor Tendon without Cell Seeding 

OCT and DWDB-SOCT images of a normal flexor tendon in Figure 6-9 is obtained to 

compare the features. Tendon crimp patterns of bright and dark bands are clearly 

observed in the OCT image in Figure 6-9a, showing the organization of the collagen in 

the tendon fascicle. The epitenon sheath comprising of unorganized collagen shows up as 
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a distinct thin layer on the tendon surface. The bundled collagen fibrils that make up the 

tendon form the “scaffold” that provides the mechanical support for the ECM and the 

fibroblast cells that reside within the tendon. The other biological scatterer of interest is 

the fibroblasts present in the tendon at the injury site. The size of rabbit fibroblast nuclei 

measured from histology ranges from 720 μm in length and 47 μm in thickness.  

 

 
 
Figure 6-9: (a) Conventional intensity-based OCT and (b) DWDB-SOCT images of a 
normal flexor tendon at rest.  
 

The DWDB-SOCT image shown in Figure 6-9b is obtained by setting the scatterer 

differentiation threshold such that scatterers with size of <2 μm, between 24 μm, 

between 46 μm and >6 μm are colored blue, green, orange and red, respectively. 

Scatterers larger than 4 μm in size (orange and red pixels) are considered large scatterers 

while small scatterers refer to those with a size of less than 4 μm (blue and green pixels). 

Since the tendons are imaged axially, the thickness of the fibroblast nuclei will determine 
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its scatterer sizing and a reference size value of 4 μm is used to differentiate fibroblasts 

(large scatterers) from collagen (small scatterers).  

 

The DWDB-SOCT image shows a mix of mostly orange and red hues in Figure 6-9b, 

indicating the presence of large scatterers. This is a surprising result as the collagen 

within a normal tendon should show up as small scatterers in the SOCT image due to the 

low concentration of fibroblasts. This can be attributed to the dense packing of the 

collagen fibrils within the tendon to give high mechanical strength. In densely scattering 

samples, high particle/scatterer concentrations affect the spectroscopic metric adversely 

when the inter-particle spacing is less than the axial resolution of the OCT system. In 

such cases, multiple hues are observed in the SOCT image and this is possibly the effect 

of multiple scattering due to densely packed collagen fibers. Spectroscopic analysis 

should be excluded from these sections. 

 

A sutured flexor tendon at 0 weeks without cell seeding is imaged and shown in Figure 

6-10a. Vertical bands are clearly seen on the left tendon section of the suture joint. A 

good suture repair ensures that the two severed ends of the tendons are in contact for 

compression on the suture joint. The vertical bands in the intensity-based OCT image 

reveal the direction of the compression force. The DWDB-SOCT image in Figure 6-10b 

shows that the distribution of large scatterers (>4 μm) is similar to that of normal tendon 

(Figure 6-9b). The epitenon layer is made up of unorganized collagen and is not densely 

packed. Therefore it appears as blue in the spectroscopic image, signifying small 

scatterers of <4 μm in size. In order to analyze the healing sections of repaired tendons, it 
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is necessary to set boundary conditions to exclude normal collagen external of the healing 

region and only analyze the scatterers within the healing region. 

 

 
 
Figure 6-10: (a) Conventional intensity-based OCT and (b) DWDB-SOCT images of a 
repaired flexor tendon at 0 weeks with no seeding. 
 

6.3.3 Spectroscopic Imaging of BMSC Seeded Flexor Tendons 

A four million cell (4M) BMSC culture was grown, extracted and centrifuged to obtain a 

concentrated sample to serve as a control for spectroscopic imaging. The OCT image of 

the control in Figure 6-11a shows a uniformly scattering sample. The bright region on the 

sample surface is specular reflection from the scan beam. The DWDB-SOCT image in 

Figure 6-11b shows that the BMSC sample contains large scatterers of size >4 μm. The 

blue hue is an artifact caused by specular reflection off the sample. The size 

classifications of the stem cells are consistent with the axial size of the cell nuclei 

observed in histology.  
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Figure 6-11: A concentrated sample of 4M BMSC (a) OCT image. (b) DWDB SOCT 
image. 

 

Samples from each tendon seeding group at 3 weeks are imaged, and the intensity-based 

OCT and DWDB-SOCT images are presented in Figure 6-12 and Figure 6-13, 

respectively. The tendons are in the fibroblastic phase of healing when they are excised 

for imaging. The injury site is generally located in the center of the OCT image. The 

healing regions surrounding the injury sites are highlighted by yellow boxes in the 

images. Normal tendon sections are situated to the left and right sides of the healing 

region. The focus is on the healing region and the relevant section from each image is 

extracted and analyzed for the quantity of fibroblasts and BMSCs (represented by large 

scatterers of size >4 μm), and the quantity of remodeled collagen (represented by small 

scatterers of size <4 μm). At 3 weeks, there is significant fibroblastic proliferation at the 

injury site as well as collagen synthesis and resorption. A high concentration of large 

scatterers is therefore expected at the healing region, since synthesized collagen has not 

yet been organized to form dense bundles of collagen fibrils.  
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In the OCT images shown in Figure 6-12, organized collagen in normal regions gives a 

strong backscattered OCT signal compared to healing regions comprising new and 

unorganized collagen. Morphologically, the tendon images from each seeding group do 

not differ significantly in the OCT images. By contrast, the DWDB-SOCT images of 

each tendon seeding group in Figure 6-13 shows details like the formation of new 

collagen (blue and green, small scatterers) and the presence of fibroblast cells and 

BMSCs (orange and red, large scatterers). It is obvious that the healing region of each 

repaired tendon has substantial orange and red hue, suggesting significant fibroblastic 

activity.  
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Figure 6-12: Intensity-based OCT images of (a) fibrin glue control, (b) 1M autologous 
BMSC seeded, (c) 1M allogeneic BMSC seeded and (d) 4M allogeneic BMSC seeded 
flexor tendons at the 3 weeks time point. Yellow boxes indicate tendon healing regions.  
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Figure 6-13: DWDB-SOCT images of (a) fibrin glue control, (b) 1M autologous BMSC 
seeded, (c) 1M allogeneic BMSC seeded and (d) 4M allogeneic BMSC seeded flexor 
tendons at the 3 weeks time point. Yellow boxes indicate tendon healing regions. 
 

Samples from each tendon seeding group at 8 weeks are imaged, and the intensity-based 

OCT and DWDB-SOCT images are presented in Figure 6-14 and Figure 6-15, 

respectively. The tendons are in the collagen remodelling phase of healing when they are 

excised for imaging. During the collagen remodeling phase, the collagen produced in the 

previous phase is used to create large, organized bundles of collagen fibers. Thus, the 
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number of large scatterers (fibroblasts and stem cells) is expected to drop slightly or 

remain stable while the quantity of small scatterers (collagen fibrils) increases. 

Morphologically, no significant difference between the intensity-based OCT images of 

tendons at the 3 and 8 weeks and from among the tendon seeding groups at 8 weeks was 

observed. The DWDB-SOCT images in Figure 6-15, on the other hand, shows 

distributions of large scatterers (orange and red) within the healing region (yellow box) of 

each tendon seeding group corresponding to significant fibroblastic activity.  
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Figure 6-14: Intensity-based OCT images of (a) fibrin glue control, (b) 1M autologous 
BMSC seeded, (c) 1M allogeneic BMSC seeded and (d) 4M allogeneic BMSC seeded 
flexor tendons at the 8 weeks time point. Yellow boxes indicate tendon healing region. 
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Figure 6-15: DWDB-SOCT images of (a) fibrin glue control, (b) 1M autologous BMSC 
seeded, (c) 1M allogeneic BMSC seeded and (d) 4M allogeneic BMSC seeded flexor 
tendons at the 8 weeks time point. Yellow boxes indicate tendon healing region. 
 

The different spectroscopic images of the tendon groups resulted from the unique healing 

conditions within each rabbit. To quantify the healing rate in each study group, the 

fraction of large scatterers, lsr , within a region-of-interest (ROI) in the spectroscopic 

image is used: 
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where rn  and on are the number of red and orange pixels representing large scatterers, 

and gn  and bn  are the number of green and blue pixels representing small scatterers in 

the selected region. The fraction of small scatterers, ssr , within the same ROI in the 

SOCT image is given by: 

1ss lsr r       (6.2) 

Equation 6.2 is used to quantify the formation of new collagen (blue and green pixels) 

with respect to the total number of scatterers within the healing region. 

 

A large variability in the analysis of the scatterers in the tendon healing region is 

expected due to the biological variation in the healing process. Thus to obtain an accurate 

picture of the healing condition of an injured tendon, a total of 41 tendons are used for 

this study. The result of the analysis based on the healing regions in the DWDB-SOCT 

images is tabulated in Table 6-1. The fraction of small scatterers in the healing region of 

each tendon seeding group is also plotted in Figure 6-16 for comparison. At the 3 weeks 

time point, all the BMSC-seeded tendons show a larger concentration of small scatterers 

compared to the fibrin glue control. This signifies the formation of organized collagen 

fibrils in the BMSC-seeded tendons. In particular, the 1M allogeneic BMSC seeded 

tendon group shows the largest concentration of small scatterers, surpassing even the 4M 

allogeneic MSC seeded tendon group. This suggests that a higher concentration of 

BMSCs introduced to the tendon injury site does not translate to a greater rate of collagen 

formation. At the 8 weeks time point, the small scatterer concentration for the fibrin glue 
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control is similar to those of BMSC seeded tendon groups. The results indicate that 

BMSC seeding is effective in the early stages of tendon healing following suture repair. 

After the 8 week time point, all tendon groups exhibit similar levels of collagen 

concentration. The results are supported by the statistical analysis of small scatterer 

percentage across all cell seeding groups for the 3 and 8 weeks time points shown in 

Table 6-2. There is statistically significant difference (p<0.05) between the 1M allogeneic 

BMSC cell seeding group and the Tisseel fibrin glue control group at the 3 weeks time 

point. At the 8 weeks time point, however, there is no statistical difference between the 

cell seeding groups. 
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Table 6-1: Fraction of large and small scatterers in the healing region of BMSC seeded flexor tendons at different time points. 
 

        Time Points 

        3 weeks   8 weeks 

Type of seeding at repair site n 

Large 

Scatterers 

(%) 

Large 

Scatterers 

SD (%) 

Small 

Scatterers 

(%) 

Small 

Scatterers 

SD (%)   n 

Large 

Scatterers 

(%) 

Large 

Scatterers 

SD (%) 

Small 

Scatterers 

(%) 

Small 

Scatterers 

SD (%) 

                             
Tisseel Fibrin Glue     4 78 4.1 22 4.1  5 67 15.5 33 15.5 
1M Autologous BMSC   6 75 6.6 25 6.6  8 71 14.4 29 14.4 
1M Allogeneic BMSC   5 66 16.9 34 16.9  5 68 15.4 32 15.4 
4M Allogeneic BMSC   5 72 14 28 14  3 69 14.6 31 14.6 
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Figure 6-16: Fraction of small scatterers in the healing region of each tendon seeding 
group. Error bars represent ±1σ. 
 

Table 6-2: Statistical analysis of the small scatterer percentage across all cell seeding 
groups for 3 and 8 week time points. P-values of less than 0.05 are in bold. 

 3 weeks 8 weeks 

Type of cell 

seeding 

Tisseel 
Fibrin 
Glue 

1M 
Autologous 

BMSC 

1M 
Allogeneic 

BMSC 

4M 
Allogeneic 

BMSC 

Tisseel 
Fibrin 
Glue 

1M 
Autologous 

BMSC 

1M 
Allogeneic 

BMSC 

4M 
Allogeneic 

BMSC 

Tisseel 
Fibrin Glue 

 
 

 
0.259 

 
0.0305 0.12  0.404 0.476 0.452 

1M 
Autologous 

BMSC 
  0.115 0.334  

 
0.42 

 

 
0.447 

 
1M 

Allogeneic 
BMSC 

   0.37   
 

0.476 
 

 
 
6.4 Discussion 

Conventional intensity-based OCT images do not show significant difference between the 

tendon samples. The spectroscopic images, on the other hand, showed good contrast 
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between scatterers of size greater and less than 4 μm. However, the effects of multiple 

scattering in normal tendon sections exclude spectroscopic analysis in this regions and limit 

the analysis to the healing sections. The results showed that BMSC seeded tendons 

achieved a greater degree of healing at the 3 weeks time point compared to fibrin glue 

control tendon. At the 8 week time point, however, all BMSC seeded tendons were 

observed to given similar healing effects as the fibrin glue control. The findings are in good 

agreement with the study of Chong et al. [22], where intratendinous cell therapy with 

allogeneic BMSCs following primary tendon repair was found to improve histological and 

biomechanical parameters in the early stages of healing (<3 weeks) but not at subsequent 

periods. 

 

The use of allogeneic BMSCs solves the problem of cell supply for implantation and they 

perform similarly to autologous cells without the side effects of host immune response. No 

immune response in histology was observed in this study, and there is much evidence to 

show that allogeneic BMSCs can moderate host immune behaviour [189-190]. Studies have 

also shown that the improvement in tendon properties at three weeks is due to accelerated 

healing [22] rather than inflammation or scar formation. The results in this work show that 

allogeneic BMSCs perform better than autologous BMSCs at three weeks in terms of 

collagen synthesized at the repair site. The concentration of the cells used, on the other 

hand, does not follow a linear relationship with rate of healing. The reason for this could lie 

in the exact role that implanted BMSCs plays in tendon healing, but this still remains 

uncertain [22]. It is postulated that the implanted BMSCs differentiate into fibroblasts 

which participate in collagen production and remodeling. Alternatively they may contribute 
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to healing by producing growth factors to encourage cell growth by the body, instead of 

participating in direct cell differentiation.  

 

As healing tendons can have highly varied morphology at the healing site, the SOCT 

imaging of the healing region in injured tendons and the subsequent quantitative analysis 

can be made more accurate by increasing the sections analyzed for every tendon. A 

volumetric analysis of each tendon would present quantitative results of higher statistical 

accuracy for comparison between healing tendons. 

 

6.5 Summary 

DWDB-SOCT is used to study the effect of BMSCs on flexor tendon healing in a rabbit 

model. Four different tendon seeding groups were established for comparison, based on the 

types of stem cells introduced to the injury site, namely tisseel control (fibrin glue), 1M 

autologous BMSCs, 1M allogeneic BMSCs and 4M allogeneic BMSCs. The rabbit flexor 

tendons were harvested at two time points, 3 weeks and 8 weeks, for ex vivo imaging. It 

was found that the organized collagen sections of normal tendon exhibit large scatterer 

characteristics in spectroscopic analysis, probably due to the dense packing of collagen 

fibrils.  

 

Although conventional intensity-based OCT images showed significant structural 

differences between organized collagen and the healing site, differences between the tendon 

seeding groups cannot be discerned. By contrast the spectroscopic images were able to 

differentiate fibroblasts/stem cells and collagen by scatterer size using a threshold size of 4 
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m. A scatterer size quantification method was used to compare the fraction of large and 

small scatterers in the healing regions of the spectroscopic images. The small scatterers are 

of interest as they represent newly synthesized collagen in the healing sections of injured 

tendons. The results showed that BMSC seeded tendons achieved a greater degree of 

healing at the 3 weeks time point compared to fibrin glue control tendon. At the 8 weeks 

time point, however, all BMSC seeded tendons showed identical healing effects as the 

fibrin glue control. Allogeneic BMSCs were found to perform better than autologous 

BMSCs in terms of collagen synthesized at the repair site.  

 

 

 

 

 

 

 

 

 

 

 



157 

Chapter 7 Monitoring Cell Proliferation in Silk Fibroin Scaffolds using DWDB-

SOCT 

7.1 Introduction 

7.1.1 Background 

The replacement of failed organs or damaged tissue in the human body involves organ 

transplants or tissue grafting, and these methods have greatly improved the quality of life 

post-treatment. The availability of suitable organs or tissues that are biocompatible with the 

recipient, however, can be severely limited and there is always the risk of organ/tissue 

rejection and a need for lifelong immunosuppressive therapy [118]. Tissue engineering is 

an established field whose purpose is the repair, replacement or regeneration of tissues and 

organs using living cells and biomaterials [191-192]. Tissue scaffolds are essentially used 

to house growing cells. The tissue scaffolds also support, reinforce and in some cases 

organize the regenerating tissue [25]. Such requirements call for a porous scaffold 

microstructure, with pore size and porosity characteristics being application-specific [24-

25]. An ideal scaffold should have several characteristics [23, 193]: (i) A 3D and highly 

porous with an interconnected pore network for cell growth and flow transport of nutrients 

and metabolic waste; (ii) biocompatible and bioresorbable with a controllable degradation 

and resorption rate to match cell/tissue growth in vitro and/or in vivo; (iii) suitable surface 

chemistry for cell attachment, proliferation, and differentiation and (iv) mechanical 

properties to match those of the tissues at the site of implantation.  

 

Synthetic polymers have been explored as biomaterials for tissue scaffolds as they are able 

to withstand harsh processing conditions and do not degrade or decompose easily when 
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exposed to chemical solvents or high processing temperatures. Naturally derived 

biomaterials, like silk, are rarely used in advanced tissue engineering methods despite their 

superior biocompatibility compared to synthetic polymers. Silk is a fibrous protein that is 

spun into fibers by silkworms and spiders [194-195]. Silk is characterized by a highly 

repetitive primary sequence that leads to significant homogeneity in secondary structure (β-

sheets). The relative environmental stability, excellent biocompatibility, unique mechanical 

properties of silk (resistance to tension and compression) and ease of growing/harvesting 

raw material provide an excellent basis for use in tissue scaffolds over other natural 

polymers [194].  

 

Silk fibroin (SF), a protein-based material derived from the cocoons of Bombyx mori 

silkworms, has been used extensively for biomedical applications owing to its 

biocompatibility and high mechanical strength [194]. An example of the structure of a silk 

fibroin (SF) scaffold is shown in Figure 7-1. The scanning electron microscopy (SEM) 

image of the internal morphology shows leaf-like structures corresponding to the β-sheet 

structure of SF [196]. SF scaffolds have been used in tissue engineering applications like 

skeletal tissue engineering of articular cartilage, bone, ligaments/tendon, as well as 

connective tissue like skin [197-199]. The SF tissue scaffolds are often processed under 

mild conditions and yielded in the form of sponges or meshes to mimic the tissue 

extracellular matrix (ECM). However, these conventional fabrication methods only allow 

limited user-defined control over the internal architecture of the SF scaffolds [200]. As a 

result, this drawback may lead to cell attachment and growth only at the periphery of the 

tissue scaffolds due to the lack of mass transfer of nutrients within the constructs.  
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Figure 7-1: (a) 10% (wt/wt) SF scaffold and its (b) SEM image, showing the β-sheet of 
SF [200].  
 

To overcome the limitations and difficulties experienced with conventional fabrication 

methods, the application of Rapid Prototyping (RP) or Additive Manufacturing (AM) 

techniques such as selective laser sintering (SLS), fused deposition modelling (FDM) and 

3D printing have been explored [201-209]. These RP processes are commonly combined 

with computer aided designs (CAD) to manufacture patient-specific tissue scaffolds. 

Furthermore, with complete user control over the structural features of the scaffold models, 

customized environments can be established for cell anchorage, proliferation and secretion 

of tissue-specific components within the constructs [210-213]. 

 

When a tissue scaffold is fabricated, several parameters need to be characterized to verify 

that the fabrication process has resulted in the desired scaffold architecture (pore size, 

porosity, strut size) [23-25]. Newly designed and fabricated scaffolds are evaluated for cell 

growth by seeding cells onto them. Parameters of interest includes monitoring a tissue 

scaffold include cell proliferation rate [214], cell-scaffold interaction [23] and tissue culture 
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conditions. In addition, the assessment of cell-scaffold interaction during late stages, where 

the scaffold starts to degrade and the tissue start to form with blood vessels, presents 

another picture of nutrient transport mechanisms [23].  

 

7.1.2 Motivation 

SEM [24-25, 214-215] is primarily used for the visualization and analysis of tissue scaffold 

structure, and the technique offers the highest resolution images (~3 nm) [216]. This 

enables fine scaffold features such as pore size and porosity, and even cells attached to the 

scaffold to be observed with good resolution [200] but it is limited to imaging the surface 

features of a sample. Furthermore SEM imaging, which requires sample sectioning and 

preparation, is time-consuming and tedious, and above all, destructive. Cell 

concentration/proliferation can be measured using DNA fluorescence assays [217] or MTT 

colorimetric assays [214], which are also destructive methods. The advantage of using 

biological assays is that the viability of the cells in the scaffold can be measured as only 

live cells will be counted. Confocal fluorescence microscopy [214] has been used for 

imaging fibroblast cell proliferation in seeded scaffolds; the advantages include the non-

invasive imaging of cells with good contrast and resolution (~1 μm) [214]. The drawbacks 

are the low penetration depth and toxic reagent staining. Such analyses therefore only 

provide end-point observations and results. This poses a severe limitation in monitoring the 

health of seeded tissue scaffolds throughout the culture period [148]. 

 

μCT been used in bone tissue engineering to analyze scaffolds, focusing on imaging and 

quantification of scaffold characteristics like pore sizes, porosity and strut thickness [23, 
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218]. It can also achieve precise measurements of bone growth into the scaffold and onto its 

surface. The advantages of the technique include high resolution (5100 μm) and 3D 

imaging of tissue scaffold structure [23]. The drawbacks of the technique are the use of 

harmful radiation, toxic contrast agents and the limitation of tissue imaging mainly to bone 

tissue. MRI has also been used to image tissue growth in scaffolds, and can achieve 

relatively high resolution (~100 μm) using high field systems [26-27, 219]. Tissue 

implantation after the scaffold tissue is ready can also be imaged in vivo with MRI. The 

drawbacks of the technique are the poor resolution, and the ability to image only soft 

tissues with high water content, e.g. adipose tissue. Bone does not show up with good 

contrast in MRI images due to low concentration of hydrogen atoms in bones [27]. 

 

OCT has been used to study engineered tissue in tissue scaffolds [80, 110, 118, 146-148, 

220-230]. Initial studies have shown that conventional OCT images of seeded tissue 

scaffold offered little contrast between the scaffold and the seeded cells [148]. It was found 

that conventional OCT is capable of characterizing scaffold architecture and the pore size, 

porosity or micro-channel dimension can be determined both quantitatively and 

qualitatively [110, 147-148]. In other words, characteristics of blank tissue scaffolds can be 

determined with conventional OCT imaging, but there are limitations in the monitoring of 

cell seeded tissue scaffolds as there is little to no differentiation between cells and the 

scaffold material in intensity-based OCT images.  

 

SOCT [118] can give functional information about engineered tissues growing within 

scaffolds or as an inference to scaffold architecture and design. Engineered tissues with 



162 

fibroblasts and macrophage cells were cultured in porous chitosan scaffolds and imaged 

using SOCT [38, 118]. Color codes of the cells in the image were based on spectral 

modulation, characterized with autocorrelation bandwidth, to give information of relative 

cellular size. It was found that fibroblast cells exhibited a wider profile compared to the 

macrophage cells. Due to the use of STFT and 80% autocorrelation bandwidth as the 

spectroscopic metric, a more accurate particle sizing is not achieved and only relative 

comparisons between the cells were made. Nevertheless, SOCT is a potentially powerful 

tool for observing cell distribution over time in a scaffold, tracking cell growth as well as 

the efficacy of scaffold structure as a cell incubator.  

 

In this chapter, the use of DWDB-SOCT for monitoring SF scaffolds cell proliferation in 

vivo over various time-points is presented. Mouse embryo fibroblast (MEF) cells are seeded 

into the SF scaffolds and the scaffolds are monitored by SOCT after one, three and five 

weeks. These time points are chosen to give sufficient time for the fibroblasts to proliferate 

and the imaging results are analyzed to determine the cell proliferation rate. Cell 

proliferation is measured by quantifying the large scatterers with respect to the total number 

of scatterers in the spectroscopic image as a function of time.  

 

7.2 Materials and Methods 

7.2.1 Silk Fibroin Tissue Scaffold Fabrication and Cell Seeding 

Aqueous SF solution was obtained from degummed cocoons of the Bombyx Mori silkworm 

[200]. To fabricate the protein-based 3D tissue scaffold with internal channels, aqueous SF 

with concentration of 10% (wt/wt) was cast into the sacrificial thermoplastic moulds. The 
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negative sacrificial moulds were designed using a commercial CAD software and 

manufactured using a 3D inkjet printer where rapid prototyping technology was applied. 

The cast moulds were allowed to stand for 15 minutes under room temperature to ensure 

full penetration of the aqueous SF within the scaffold’s negative template. Subsequently, 

the moulds containing the SF solution were frozen and freeze dried to obtain the SF tissue 

constructs. After the freeze drying process, the specimens were immersed in ethanol to 

induce β-sheet structure of silk. Subsequently, the scaffolds were immersed into ethanol to 

remove the thermoplastic moulds, and then rinsed with de-ionized water and freeze dried. 

A thermoplastic negative mould and a blank 10% (wt/wt) SF tissue scaffold within internal 

channels are shown in Figure 7-2a and Figure 7-2b, respectively. The width of each printed 

strut of the mould was approximately 700 µm and the strut was clearly replicated onto the 

SF construct.  

 
The scaffolds were conditioned with cultured medium (DMEM supplemented by 10% (v/v) 

fetal bovine serum and 1% (v/v) penicillin/streptomycin mixture, Invitrogen) using a       

24-well culture plate and incubated for 24 hours (Figure 7-2c). On the day of cell seeding, 

the culture medium in the culture plate was discarded and each sample was seeded with    

1.5 × 106 cells (3T3, MEFs) in 200 µL of culture medium. The medium was changed every 

two days until harvest at one, three and five week time points. The respective seeded SF 

scaffolds are imaged using SOCT and subsequently sent for histological processing.  
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Figure 7-2: (a) Printed thermoplastic mould and the (b) SF scaffold obtained from the 
RP-fabricated mould [200]. (c) The cell seeded SF scaffolds are incubated in culture 
medium. 
 

7.2.2 MEF Seeded Silk Fibroin Scaffold Imaging 

The seeded scaffolds are imaged in vivo through culture medium in the culture plate. A 

6.512 mm3 imaging volume was taken. The measurement data is recorded as raw B-scan 

spectral information and is processed using custom Matlab programs to obtain the OCT and 

spectroscopic images. After imaging, the OCT line scan region on the SF scaffold is 

marked with two microinjections of ink before sending for routine histological processing. 

Multiple 5 μm thick sections are obtained from the marked region and stained with H&E. 

Bright field images of the scaffold sections are taken digitally using a standard microscope.  
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7.3 Results 

7.3.1 SF Scaffold Histology 

The histological section of a blank SF scaffold is shown in Figure 7-3a. The section shows 

surface macro-channels (indicated by black arrows) with widths ranging from 600700 μm. 

Internal macro-channels for nutrient and waste transport can be observed in the image 

within the yellow box and they have the same dimensions as the surface macro-channels. 

The sheet structure of the SF can also be observed and the spacing between sheets is 

measured to be <100 μm. Due to the histological processing conditions, the scaffold section 

may undergo some deformation and the sheet spacing may be increased from the actual 

dimensions. Figure 7-3b shows the bright-field image of a MEF seeded SF scaffold section 

at the 5 weeks time point. Seeded SF scaffold sections of 1 and 3 weeks time points did not 

survive the histological processing. The fibroblast cells did not attached properly to the 

scaffolds and were washed away during processing. By contrast, cell masses in 5 weeks 

seeded SF scaffold sections had grown to an extent significant enough to anchor securely 

onto the scaffolds and thus survive the histological processing.   
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Figure 7-3: H&E stained bright-field images of (a) blank SF scaffold section (black 
arrows indicate the surface macro-channels) and (b) MEF seeded SF scaffold after 5 
weeks. Yellow boxes highlight the internal macro-channels. (c) Expanded view of yellow 
box in (b).  
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MEF cells were reported to have a nuclei diameter of about 10 μm when not attached to any 

surface [231]. However the MEF cell cytoplasm elongate and branches out with the cell 

nuclei compressed to an elliptical shape ranging from 4–7 μm when attached to a surface. It 

is observed that the fibroblast cells tend to grow on the surface of the SF scaffolds without 

penetrating inward. The seeded SF scaffolds are incubated in well plates without flow 

circulation. Hence even with macro-channels leading to the scaffold interior, the fibroblast 

cells only anchor onto the scaffold surface due to the stagnant flow condition of the 

medium. The cell mass was observed to protrude out from the scaffold sections in between 

the surface macro-channels, as shown in Figure 7-3c. 

 

7.3.2 Spectroscopic Imaging of Blank SF Scaffold 

The scaffold is first imaged to quantify its spectroscopic characteristics. The scaffold can be 

observed in the conventional intensity-based OCT image of Figure 7-4a as diffused, leaf-

like structures due to the high porosity, low density morphology of SF. The surface macro-

channels can be clearly observed with a width of about 720 μm and a depth of 860 μm. The 

strut width matches closely the mould designed strut width of 700 μm. The pore sizes 

between the SF β-sheets ranges from 50 to170 μm and corroborates the SEM images of the 

SF scaffold sections [200]. A higher contrast was observed on the channel walls compared 

to the scaffold surface due to compaction of SF during the fabrication process. The SF 

sheets, on the other hand, gave a poor contrast due to a limited backscattering of light.  

 

 

The DWDB-SOCT image shown in Figure 7-4b is obtained by setting the hue of scatterer 

size of <2 μm, 24 μm, 46 μm and >6 μm to blue, green, orange and red, respectively. 
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Scatterers with size of >4 μm (orange and red) are considered large scatterers while small 

scatterers have size <4 μm (blue and green). The size of MEF nuclei measured from 

histology ranges from 47 μm in thickness. Since the cells are imaged axially, the thickness 

of the fibroblast nuclei will determine its scatterer sizing and are considered large 

scatterers. SF is made up of small molecules that are processed to form diffuse scaffold 

structures and the spectroscopic signal from the scaffold is expected to show up as mainly 

small scatterers size of <2 μm. This is indeed observed in the DWDB-SOCT image of 

Figure 7-4b, where largely small scatterers (blue) are measured. The small quantity of 

larger scatterers measured in the image is attributed to SF compaction.  

 

 
 
Figure 7-4: (a) Conventional intensity-based OCT and (b) DWDB-OCT images of a 
blank SF scaffold. w – width. d – depth of macro-channel. 
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7.3.3 Spectroscopic Imaging of Mouse Embryo Fibroblasts (MEF) 

A concentrated sample solution of pure MEFs is cultured and extracted for OCT imaging. 

This serves as a control sample to determine its spectroscopic characteristics. The resulting 

intensity-based OCT image (Figure 7-5a) shows a uniformly scattering MEF sample. The 

DWDB-SOCT image in Figure 7-5b reveals a majority of large scatterers (orange and red) 

of size >4 μm. This is in good agreement with histological observations. Fibroblast cells 

have a branched cytoplasm surrounding an elliptical nucleus and when the cells are adhered 

to a surface the thickness of the nucleus can be reduced. The green vertical stripes observed 

in Figure 7-5b could be due to the presence of elongated cell nuclei in these regions which 

present a reduced axial size leading to a green hue. 

 

 
 
Figure 7-5: (a) Conventional intensity-based OCT and (b) DWDB-SOCT images of 
concentrated MEF sample.  

 

7.3.4 Spectroscopic Imaging of MEF Seeded SF Tissue Scaffolds 

Cell proliferation in MEF seeded SF scaffolds grown till 1 week, 3 weeks and 5 weeks time 

points were monitored in vivo using DWDB-SOCT imaging. The intensity-based OCT and 

DWDB-SOCT images of the resulting MEF seeded scaffolds are shown in Figure 7-6 and 

Figure 7-7, respectively. The macro-channels that are created in the SF scaffold by the 

thermoplastic moulds for nutrient and cellular transport are clearly observed in the 
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intensity-based OCT image, and the measured depth and width are 700850 μm and       

570 μm, respectively. 

 

 
 
Figure 7-6: Conventional intensity-based OCT images of fibroblast seeded SF scaffolds 
at (a) 1 week, (b) 3 weeks, and (c) 5 weeks time points.  
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Figure 7-7: DWDB-SOCT images of fibroblast seeded SF scaffolds at (a) 1 week, (b) 3 
weeks, and (c) 5 weeks time points.  

 

In the intensity-based OCT images (Figure 7-6), the pores of the SF sheets were observed 

to become more scattering with time due to the proliferation of cells. However, it is 

difficult to differentiate between cells and the scaffold material due to low contrast in the 

image. The intensity-based OCT image of the MEF seeded scaffold at 1 week (Figure 7-6a) 

revealed the leaf-like β-sheet structure of silk in between the surface macro-channels. The 

structural features of the SF scaffold are still clear at this early stage and the presence of 

MEF cells is not obvious. At 3 weeks (Figure 7-6b), a section with higher scattering 



172 

contrast in the rightmost macro-channel was detected. Some growths, presumably fibroblast 

cell masses, were found to fill the gaps of the scaffold and extend out of the scaffold at       

5 weeks (Figure 7-6c). An accurate determination of cell distribution on the scaffold from 

the intensity-based OCT image is hindered by the low contrast between the scaffold and the 

cell aggregates.  

 

By contrast, the DWDB-SOCT images in Figure 7-7 clearly differentiate the fibroblast cell 

aggregates and the SF scaffold. At the 1 week time point (Figure 7-7a), the presence of the 

MEFs is revealed by large scatterers (orange and red) growing on the surface of the SF 

scaffolds. The pores are observed to be sparsely populated and cells (orange and red) are 

seen to penetrate to a depth of up to 450 μm below the surface. Figure 7-7b shows that 

MEFs inhabit the rightmost macro-channel as well as the surface of the SF scaffolds after 3 

weeks. The MEFs are found to penetrate to a depth of up to 450 μm below the surface, 

similar to the seeded SF scaffold after 1 week.  

 

It is observed in Figure 7-7c that the micro-pores in the SF scaffold are fully filled with cell 

aggregates (orange and red) and a cell mass even grows outside the scaffold at the 5 weeks 

time point. The large scatterers with size >4 μm shown in the DWDB-SOCT images are 

consistent with MEFs identified in histological images. The macro-channels do not have 

any cell growth, possibly due to the compacted nature of the SF material compared to the 

SF β-sheets which forms micro-pores aiding cell attachment and proliferation. The DWDB-

SOCT images provide a significantly improved contrast than the intensity-based OCT 

images due to the ability to differentiate tissue scatterers.   
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The locations of MEF cells within the SF scaffolds can be determined even at the early 

stages of cell seeding using the DWDB-SOCT method. The cell proliferation within the SF 

scaffold over time is of interest, and this can be quantified by analyzing the spectroscopic 

images at various time points for large scatterers with size >4 μm. The fraction of large 

scatterers within the scaffold is computed using Equation 6.1 to quantify the relative MEF 

cells population at each time point.  

 
Table 7-1 shows the scatterer distribution in each sample at different time points. The 

presence of small scatterers in a purely large scatterer sample like fibroblast cell culture and 

the presence of large scatterers in a purely small scatterer sample like a blank SF scaffold 

can be attributed to background noise, and a larger sample size will help to reduce these 

variations. The rate of fibroblast cell (large scatterers) proliferation in the SF scaffold is 

plotted in Figure 7-8. The fibroblast cells are observed to increases monotonically with 

culture time.  

 

Table 7-1: Fraction of large and small scatterers in MEF culture, blank SF scaffold and 
MEF seeded SF scaffolds at different time points.  
 

Sample   
Large 

Scatterers (%)

Small 

Scatterers (%) 

        

Fibroblast Cell Culture   82 18 
Blank SF Scaffold   30 70 
MEF seeded SF Scaffold at 1 week   45 55 
MEF seeded SF Scaffold at 3 weeks   47 53 
MEF seeded SF Scaffold at 5 weeks   71 29 
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Figure 7-8: Plot of large scatterer percentage in SF scaffolds over time. 

 

7.4 Discussion 

Due to the unique β-sheet structure of SF, the conventional intensity-based OCT images 

(Figure 7-4a) reveal leaf-like morphologies which are consistent with the results reported 

by Kaplan et al. [232]. The pore walls, or wall of the “leaves”, in the SF scaffold are made 

of homogenous SF and the intensity-based OCT images showed uniform scattering within 

the “leaves”. The density of the SF material is found to be low except for certain locations 

in the scaffold, such as the macro-channels, where the SF is compacted. The intensity-based 

OCT is therefore suitable for imaging the structural features of tissue scaffolds. 

 

For cell culture in the scaffold of up 1 week, the cell concentration is still sparse and the 

scaffold contrast does not increase due to the low density of the SF material. This limits the 

backscatter intensity of incident light. The contrast of intensity-based OCT images 
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increases for 3 weeks and beyond. The slightly clearer images provided sufficient details to 

show that the fibroblasts were able to migrate within the pores of SF, proliferate and fill the 

voids. The cells acted as contrast enhancement agents for the scaffold, due to the higher 

light scattering from cell boundaries and the surrounding medium. These observations 

match previously reported investigations which incorporated cell growth, particles and 

beads of known reflective indexes to enhance the image contrast of scaffolds [148, 233].  

 

Intensity-based OCT image comparisons of blank and five weeks fibroblast seeded SF 

scaffold showed the filling of interstitial spaces in the scaffold by the fibroblasts. These 

results were consistent with those of Ying [148] who used PLLA scaffolds seeded with 

bone cells and presented images of blank and seeded scaffolds at five weeks time point, 

showing the filling of pore spaces in the scaffold. However, the cells cannot be 

distinguished from the scaffold in the conventional intensity-based OCT images. Fibroblast 

cells grown in chitosan scaffolds have been imaged using SOCT [38, 118], although 

cellular sizes were not determined. Even though the MEF cell nuclear size is smaller than 

human fibroblast cells with cell nuclear size ranging from 40 to 50 μm [178], they are very 

different in size from the surrounding tissue scaffold. Consequently SOCT can be used for 

tissue scatterer differentiation in seeded tissue scaffolds. The MEF cells can easily be 

monitored within the SF scaffold by DWDB spectroscopic analysis (Figure 7-7). This 

allows several parameters of interest to be found non-invasively, including cell proliferation 

based on the fraction of large scatterers within a ROI, cell-scaffold interaction based on the 

distribution of large scatterers, and tissue culture conditions based on the quantity of large 

scatterers at the surface compared to those within the scaffold. 
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The rate of cell proliferation through the scaffold with time was monitored by quantifying 

the fraction of large scatterers in a scaffold ROI, as illustrated in Figure 7-8. The result 

indicates that the cell mass slowly increases in the first 3 weeks and almost doubled after    

5 weeks of culture in the scaffold. Cell-scaffold interaction was also evident in the DWDB-

SOCT images where fibroblast cells (large scatterers) were found to avoid the macro-

channels in the scaffold (Figure 7-7c). This is attributed to the compact nature of the SF in 

the region which does not provide good anchorage for cells. Instead the DWDB-SOCT 

images revealed that the cells occupy the SF sections in between the macro-channels, which 

have pores for housing the cells.  

 

The effect of tissue culture conditions such as nutrient delivery and waste removal on the 

cell distribution in the scaffold was also determined. As the seeded SF scaffolds are housed 

in a well plate with no circulation of the culture medium, fibroblast cells were found to 

reside on the scaffold surface instead of migrating to the interior of the scaffold. Therefore 

nutrients have to be circulated and waste materials removed dynamically, so that cells can 

penetrate the scaffold and grow into the shape of the scaffold [234]. Such information 

obtained using DWDB-SOCT can help tissue engineers to optimize the scaffold material 

and fabrication process to achieve better cellular attachment and nutrition, as well as to 

monitor the health of the engineered tissue during the growth phase.  

 

As seeded SF scaffolds can have highly varied cell distribution at the early growth stage, 

the SOCT imaging of seeded tissue scaffolds and the subsequent quantitative analysis can 
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be made more accurate by increasing the sections analyzed. A volumetric analysis of each 

scaffold would present quantitative results of higher statistical accuracy for comparison 

between seeded scaffolds.  

 

7.5 Summary 

DWDB-SOCT was used for monitoring cell proliferation in MEF seeded SF scaffolds.  The 

scaffolds were harvested at time points of 1, 3 and 5 weeks for in vivo OCT imaging. These 

time points were chosen to give sufficient time for the fibroblasts to proliferate before 

imaging and analysis are carried out. The intensity-based OCT image of a control blank 

scaffold shows structural details like pore size and macro-channel width and depth. The 

DWDB-SOCT images of the blank scaffold and a MEF cell sample correctly depict the 

corresponding scatterer sizes associated with the scaffold material (small scatterers) and 

fibroblast cells (large scatterers). While the micro- and macro- scaffold structural features 

are clearly observed in the intensity-based OCT images, clear differentiation between the 

SF scaffold and fibroblast cells is only observed in the DWDB-SOCT images. The scatterer 

size quantification presented in chapter 6 was used to compare cell proliferation in the 

scaffolds at different time. The rate of cell proliferation is found to increase monotonically 

with time with the cell mass almost doubling at the 5 weeks time point. The interaction 

between the fibroblasts and the scaffold were also observed from the cell distributions in 

the DWDB-SOCT images. The quantity of fibroblasts at the surface and inside the scaffold 

gives valuable information on tissue culture conditions as well.  
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DWDB-SOCT, with the ability to differentiate MEF cells from SF scaffold material, can be 

used to monitor cell proliferation in cell seeded tissue scaffolds over time with high 

resolution. This is not possible with techniques like conventional optical microscopy, SEM 

imaging, X-ray μCT and MRI. DWDB-SOCT offers advantages such as the use of non-

ionizing radiation, no contrast agents, non-invasive real-time imaging and the ability to 

image most biological tissues in tissue scaffolds. The morphology of SF scaffolds as well 

as cell proliferation and distribution within the scaffolds are imaged and quantified non-

invasively in this first SOCT study of cell-proliferation monitoring in cell seeded SF 

scaffolds. 
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Chapter 8 Conclusions and Recommendations 

8.1 Conclusions 

A FD-OCT system is designed, built and characterized for OCT imaging. The FD-OCT 

system is based on a SLD source with a center wavelength of 840 nm to achieve a balance 

between axial resolution and imaging depth. The FD-OCT system is used to investigate the 

optical characteristics of normal and injured flexor tendons with load. Vertical and 

horizontal bands were observed in the OCT images of rest state tendon. Biomechanical 

tests of both normal and repaired tendons were performed by loading the samples with 

weights of up to 1 kg and imaged with the FD-OCT system. The OCT images of normal 

tendon under load show increasing brightness with the gradual disappearance of vertical 

bands caused by the straightening of the tendon crimp. Microtears within the tendon, while 

not visible to the naked eye, were observed in the OCT images after the maximum load of 

10 N was removed. The 2 mm gap force and the ultimate tensile force of rabbit flexor 

tendons were found to be 5 N and 10 N, respectively. The nonlinear changes in the gap 

separation (above 2 mm) and the inelastic deformation of the repaired rabbit tendon under 

loads greater than 5 N were attributed to microtears forming near the suture joint. The OCT 

modality is suitable for the non-invasive quantification of tendon biomechanical properties 

and assessing the quality of suture repair techniques, and has great potential for monitoring 

the healing process in repaired tendons. 

 

Using the FD-OCT system, microspheres of various sizes (0.5, 1, 10, 25 and 45 μm) are 

characterized with SOCT to investigate the correlation of spectral modulation 
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autocorrelation bandwidths to scatterer size. The spectroscopic analysis of the OCT axial 

profile is based on the DW method with comparisons to the conventional STFT method. A 

DB spectroscopic metric defined as the ratio of the 10% to 90% autocorrelation bandwidths 

gave the best contrast enhancement for scatterer size differentiation in the resulting 

spectroscopic image. The DWDB metric is found to exhibit a monotonic change with 

microsphere size. Simulation of the DWDB metric supports the experimental results and 

revealed a trade-off between the smallest detectable scatterer size and the maximum 

scatterer size in the linearity range of the DWDB metric for a specific light source optical 

bandwidth. Spectroscopic images of polystyrene microspheres and tonsil tissue samples 

based on the proposed DWDB metric showed clear differentiation between different-sized 

scatterers as compared to those determined with conventional STFT-calculated metric. 

Differences between connective tissue, epithelial and lymphoid cells, as well as between 

the upper and lower epithelium cells, of tonsil tissues are clearly observed in the SOCT 

images. The DWDB metric greatly improves the contrast in SOCT imaging and can aid the 

visualization of abnormal cell distribution in biological tissues and samples. Potential 

applications include the early detection of cell nuclear changes in tissue carcinogenesis, the 

monitoring of healing tendons and cell proliferation in tissue scaffolds. 

 

The DWDB-SOCT is used to study the effect of BMSCs on flexor tendon healing in a 

rabbit model. Four different tendon seeding groups based on the types of stem cells 

introduced to the injury site, namely tisseel control (fibrin glue), 1M autologous BMSCs, 

1M allogeneic BMSCs and 4M allogeneic BMSCs were established for comparison. The 

rabbit flexor tendons were harvested at two time points, 3 weeks and 8 weeks, for ex vivo 
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imaging. It is found that the organized collagen sections of normal tendon exhibit large 

scatterer characteristics in spectroscopic analysis, probably due to the densely packed 

collagen fibrils. Although conventional intensity-based OCT images showed significant 

structural differences between organized collagen and the healing site, differences between 

the tendon seeding groups cannot be discerned. The DWDB-SOCT images, however, were 

able to differentiate fibroblasts/stem cells and collagen by scatterer size. A scatterer size 

quantification parameter was defined and used to compare the fraction of large and small 

scatterers in the healing regions of the spectroscopic images. The small scatterers are of 

interest as they represent newly synthesized collagen in the healing sections of injured 

tendons. The results showed that BMSC seeded tendons achieved a greater degree of 

healing at the 3 weeks time point compared to fibrin glue control tendon. At the 8 weeks 

time point, however, all BMSC seeded tendons showed identical healing effects as the 

fibrin glue control. Allogeneic BMSCs were found to perform better than autologous 

BMSCs in terms of collagen synthesized at the repair site.  

 

Lastly, the proposed DWDB-SOCT technique is used to monitor cell proliferation in MEF 

seeded SF scaffolds.  The scaffolds were harvested at time points of 1, 3 and 5 weeks for in 

vivo OCT imaging. These time points were chosen to allow the fibroblasts sufficient time to 

proliferate before imaging and analysis are performed. The intensity-based OCT image of a 

control blank scaffold shows structural details like pore size and the macro-channel profile. 

The DWDB-SOCT images of the blank scaffold and a MEF cell sample correctly depict the 

corresponding scatterer sizes associated with the scaffold material (small scatterers) and 

fibroblast cells (large scatterers). While the micro- and macro- scaffold structural features 
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are clearly observed in the intensity-based OCT images, clear differentiation between the 

SF scaffold and fibroblast cells is only observed in the DWDB-SOCT images. The scatterer 

size quantification parameter is used to compare cell proliferation in the scaffolds at 

different time. The rate of cell proliferation is found to increase monotonically with time 

with the cell mass almost doubling at the 5 weeks time point. The interaction between the 

fibroblasts and the scaffold were also observed from the cell distributions in the DWDB-

SOCT images. The quantity of fibroblasts at the surface and inside the scaffold can provide 

valuable information on tissue culture conditions. 

 

8.2 Recommendations for Future Work 

In this section, several recommendations for future research work are proposed. The 

recommendations are divided into three areas, namely the relationship between the light 

source bandwidth and scatterer size differentiation, sensitivity enhancement of scatter size 

differentiation and potential SOCT application areas. 

 

8.2.1 Relationship between Light Source Bandwidth and Scatterer Size 

Differentiation 

Simulation performed in this work showed that uniformly increasing the light source 

bandwidth increases the spectroscopic resolution of the DWDB-SOCT method. While the 

smallest detectable scatterer size improves with light source bandwidth, the corresponding 

linear range of the detectable scatterer sizes is drastically decreased. Alternatively this 

trade-off can potentially be overcome by using a suitably large bandwidth light source to 
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detect the smallest scatterer size and subsequently digitally limiting the light source 

bandwidth to achieve the desired linear monotonic range for quantifying the large 

scatterers. This has important implications as large bandwidth light sources can be used for 

all tissue imaging applications. Experimental investigations should be conducted to confirm 

the simulations and to determine the optimal method to vary light source bandwidth to 

obtain spectroscopic information on all scatterer sizes for various tissue imaging 

applications. 

 

8.2.2 Sensitivity Enhancement of Scatterer Size Differentiation  

During the calibration of the DWDB spectroscopic metric with respect to microsphere 

sizes, the metric values obtained for a single microsphere size have a large standard 

deviation. This is due to both hardware limitation and the microsphere control samples. 

Firstly, the OCT setup used in this work is based on a conventional Michelson 

interferometric setup. Minute fluctuations in the reference and sample arms due to 

temperature or vibrations can cause the interference fringes to fluctuate significantly, 

resulting in a larger variation in the value of the metric values. A common-path 

interferometric setup provides stability and minimizes fluctuations as light travels the same 

path in the reference and sample arms as they are incorporated together. An example of a 

common-path FD-OCT setup is illustrated in Figure 8-1. A common-path OCT system can 

achieve mainly ex vivo sample imaging, due to the need for the reference plane to be in 

contact or in close proximity to the sample. Secondly, the microsphere control samples 

used in this work are microspheres suspended in water. They represent a dynamic system 
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where the microspheres do not remain stationary during measurement. The statistical sum 

of the spectral modulations corresponding to the microsphere size is recorded. However the 

metric values obtained have large variation due to constant movement of the microspheres 

in the water. Despite so, differentiation between scatterer sizes can still be achieved. The 

advantage of using a dynamically moving calibration sample is the ability to perform 

spectroscopic measurements of particles in fluid as well. If the calibration samples used are 

fixed spatially, the statistical spread of the metric values can be reduced. 

 

 

 
Figure 8-1: Common-path FD-OCT setup [235]. 

 

The DWDB analysis method developed in this work are more sensitive to scatterer size 

than previous methods based on STFT and a single autocorrelation bandwidth at 90%. 

Although the autocorrelation function is sensitive to spectral modulation, other methods can 

still be developed to describe the shape of the function more accurately. Identifying a 
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suitable alternative parameter to better quantify the shape information can further improve 

scatterer size differentiation. 

 

8.2.3 Investigation of the Effect of Scatterer Concentration on the DWDB 

Spectroscopic Metric 

Scatterer concentration is a sample parameter which affects the spectroscopic metric, and 

this is observed from the microsphere calibration experiments. Higher particle 

concentrations affect the spectroscopic metric adversely due to the limited inter-particle 

distance that is usually below the axial resolution limit of the OCT system (Table 5-1). The 

DWDB metric becomes inaccurate in relating to particle sizes when this happens. We 

observed in the spectroscopic metric calibration experiments that when using particles 

smaller than 0.5 μm, the metric values become more indicative of larger particles, similar to 

the results that Adler et al. reported [115].  Hence, in order to investigate this phenomenon, 

experiments should be conducted to study the effect of inter-particle spacings in relation to 

scatterer concentration on the DWDB spectroscopic metric. 

 

8.2.4 Investigation of the Effect of Multiple Scattering on the DWDB Spectroscopic 

Metric 

In densely scattering samples, high particle/scatterer concentrations affect the spectroscopic 

metric adversely when the inter-particle spacing is less than the axial resolution of the OCT 

system. In such cases, such as the normal tendon sample in Figure 6-9, multiple hues are 
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observed in the SOCT image of a uniform sample and this is possibly the effect of multiple 

scattering due to densely packed collagen fibers. Spectroscopic analysis should be excluded 

from these sections. A better understanding of the effect of multiple scattering on the 

spectroscopic metric and how to overcome it should be conducted in future experiments. 

 

8.2.5 Potential DWDB-SOCT Applications  

The applications of the DWDB-SOCT method to epithelial tissue, healing tendons and 

seeded tissue scaffolds were successfully carried out in this thesis. The method enables the 

differentiation of tissue scatterer sizes for contrast enhancement in the spectroscopic image 

for direct visualization as well as quantification of the tissue scatterers detected within the 

imaging volume. As such, applications requiring the detection and measurement of particle 

sizes above or below the sample mean in static or dynamic environments can benefit from 

the DWDB-SOCT method. 

 

For example, the main commercial uses of in vivo OCT imaging involve retinal imaging 

and arterial imaging. Commercial OCT systems have been developed for these applications 

but only structural information, not functional information, are obtained. The DWDB-

SOCT technique can be incorporated into the image processing algorithms of these systems 

to give the additional functionality of tissue scatterer differentiation at no extra equipment 

cost. Furthermore, in vivo OCT systems can be used for early cancer detection, where 

abnormal cells in epithelial tissue can be detected and monitored for possible malignancy. 

Current in vivo OCT systems provide only structural information, which do not provide 
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sufficient contrast for early cancer detection until cancerous cells have reached a later stage 

of development.  

 

The DWDB-SOCT method can be used for imaging particles that are dynamically moving 

in a fluid environment. The statistical sum of the spectral modulations corresponding to the 

particles sizes can be measured even when the particles are moving around. The spectral 

modulations can then be related to particle sizes. Thus, potential applications like detection 

of pathogens in waste-water treatment, or the monitoring of micro- or nano-particles 

growth on a substrate can be achieved using the DWDB-SOCT method. 
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