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ABSTRACT 

We developed true depth-resolved polarization sensitive optical coherence 

tomography (PSOCT) to measure the local polarization properties of the sample. 

Birefringence exists in many biological tissues due to organized structures. Numerous 

studies have demonstrated the potential of PSOCT in earlier diagnosis of birefringence-

affecting diseases. However, the traditional PSOCT measurements can only obtain 

cumulative retardation, diattenuation and optical axis orientation. Such cumulated results 

at a specific depth are affected by all sample layers above that depth and are difficult to 

interpret. We developed a novel PSOCT implementation and a systematic method that 

can extract true local polarization properties from traditional cumulative measurements. 

We first developed a novel implementation of a frequency domain PSOCT system that 

uses a single spectral camera. By combining a dual-delay assembly in the reference arm 

and offset B-scan in the sample arm, the orthogonal vertical- and horizontal-polarized 

images were acquired in parallel and spatially separated by a fixed distance in the full 

range image space. The two orthogonal polarization images were recombined to calculate 
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the intensity, retardance and optical axis images. This system was easy to implement and 

capable of acquiring high-speed in vivo 3D polarization-sensitive OCT images. We then 

further extended this single camera PSOCT system to measure the full Jones matrix of 

the sample. A comprehensive methodology for system calibration as well as a Jones 

matrix image reconstruction was developed. In addition to the conventional structural 

image, the complete set of polarization images of retardance, optical axis and relative 

attenuation can be obtained from the measured Jones matrix image. The capability of the 

system was demonstrated in imaging both in vitro and in vivo settings.  A series of signal 

and image processing algorithms were developed. A simple signal processing method 

was first developed to correct the 90° phase jump in optical axis orientation due to phase 

wrapping in cumulative retardation. This algorithm can eliminate the banded appearance 

in optical axis images and provide an effective way to visualize fiber orientation in 

homogeneous samples such as tendon. However, this method cannot be applied in a 

sample with depth varying optical axis. A Jones calculus based algorithm was proposed 

and implemented to extract depth-resolved local retardance in birefringent samples from 

conventional PSOCT systems that use one circularly polarized incident light. Jones 

calculus was applied to construct the signal formulation in such PSOCT measurements 

and to derive local depth-resolved retardance from conventional cumulative PSOCT 

measurements. To extract the local optical axis, this algorithm was further incorporated in 

a recursive scheme to extract the local axis from the surface to a specific depth. 

Comprehensive studies were conducted to fully validate the capability of the 

aforementioned algorithm to extract true depth-resolve retardance and optical axis 

orientation in various samples. Lastly, we integrated the above algorithms and developed 
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a methodology that can extract all depth-resolved polarization properties from a Jones 

matrix based PSOCT system. We demonstrated that the local optical axis orientation can 

successfully visualize the 3D fiber orientation in heart muscle.      
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CHAPTER 1  

INTRODUCTION 

 

1.1 Optical Coherence Tomography 

Optical Coherence Tomography (OCT) (Huang et al.1991; Fercher et al. 2003; 

Tomlins and Wang, 2005) is a non-invasive, depth resolved optical imaging technique. It 

was developed based on the optical coherence domain reflectometry (OCDR) (Robert et 

al.1987) which is a one dimensional (1-D) optical ranging technique similar to ultrasound 

A-scans. OCDR was developed originally for finding faults in fiber optic cables and 

network components (Takada et al. 1987). But its ability to probe the eye (Fercher et al. 

1988;Fercher et al. 1986) and other biological tissues (Fujimoto et al. 1986; Hitzenberger 

et al. 1992; Clivaz et al. 1992; Fercher et al. 1993) was soon recognized. The OCT that 

can generate two or three dimensional images, analogous to ultrasound B scans, was first 

demonstrated for ophthalmological imaging in 1991 by Huang et al.( 1991). Since then, it 

has become an important biomedical imaging tool.  

In vivo tomograms of the human retina were reported by Fercher et al. (1993) and 

Swanson et al. (1993). Due to the transparency of ocular media, ophthalmological 

imaging is still the main application field of OCT (Swanson et al. 1993; Izatt et al. 1994; 

Hee et al. 1995; Brancato 1999; Gaudric et al. 1999; Chauhan et al. 2000;  Bowd et al. 

2001; Yasuno et al. 2005; Kawana et al. 2007; Kerbage et al. 2007; Sarunic et al. 2008;  

Asrani et al. 2008). Application of OCT in other fields has also been exploited, for 
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example, in dermatology (de Boer et al. 1998; Schoenenberger et al. 1998; Andretzky et 

al.1998; Gladkova et al. 2000; Park et al. 2001; Srinivas et al. 2004; Abuzahra and Baron  

2006; Todorovic et al. 2008; Mogensen et al. 2008), dentistry (Colston et al. 1998; 

Baumgartner et al. 1998; Wang et al. 1999; Chen et al. 2005), and endoscopy (Sivak et 

al. 2000; Boivin et al. 2003; Tumlinson et al. 2005).  

In the original time-domain implementation, OCT is usually implemented as a 

two-beam interferometer (Huang et al. 1991; Fercher et al. 2003; Tomlins and wang 

2005) (e.g. Michelson interferometer) with samples being placed in one arm (i.e. the 

“sample arm”). Typically, it employs near infrared (NIR) light to probe the tissue. NIR 

light provides a typical penetration depth of 1~2mm in scattering tissue. By employing a 

broadband light source such as a superluminescent diode (SLD), depth ranging becomes 

possible because interference fringes are observed only when the optical path difference 

between the sample light and reference light is within the source coherence length 

(generally 1~20µm). By scanning the optical path of the reference arm, a depth scan (A-

scan) could be recorded which maps the sample reflectance profiles over depth.  Lateral 

mechanical scanning allows two- and three-dimensional recording of images from 

consecutive A-scans.   

An alternative to time domain OCT is the spectral or frequency domain OCT.  

Spectral domain detection is achieved either by detecting the interference spectra by 

using a spectrometer (Fercher 1996), or by sweeping light frequency of a swept source 

(Chinn et al. 1997; Golubovic et al. 1997; Choma et al. 2003) while detecting 

interference using a single detector. Spectral domain detection enables better sensitivity, 

imaging speed, dynamic range, and image contrast than time domain OCTs (Leitgeb et 
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al. 2003). An imaging speed of 20,000-50,000 A-scans/sec is now routinely achievable. 

Axial resolution with only a few microns is available due to advances in broad-bandwidth 

light source technology. Ultrahigh-resolution OCT image with ~ 1 µm resolution is well 

demonstrated (Drexler et al. 1999, 2001; Drexler 2004; Dubois et al. 2004) in 

spectral/Fourier domain detection.  

 

1.2 Functional Extensions of OCT 

Several functional extensions have been applied to enable acquisition of 

additional physiological information from OCT. Optical Doppler Tomography (ODT) 

(Wang et al. 1995) measures the blood flow by using the Doppler frequency shift in 

optical coherent signals caused by the moving particles. Usually, a two dimensional cross 

sectional blood vessel finger-print could be obtained (Wang et al. 1995; Chen et al. 1997;  

Izatt et al. 1997; Yazdanfar et al. 2000; Zhao et al. 2000, 2002).  

Optical coherence angiography (OCA) (Makita et al. 2006a), another extension of 

ODT, enables mapping 3D blood vessels of the human eye. A 3D ocular flow imaging 

has been reported with spectral domain OCT (Makita et al. 2006a). By integrating 

volume sets of flow images, 3D vasculature of ocular vessels has been obtained. Retinal 

and choroidal blood vessels were visualized by separating the volume set into retinal 

parts and choroidal parts. It has been implemented by managing the B-scan spectrum 

which was modulated by moving particles of blood vessels (Wang et al. 2007). This 

technique separated the moving and static scattering elements within tissue to obtain high 

resolution images of blood flow. It was used to in vivo map cerebral microcirculation of 

mice in three dimensional space.     
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Polarization sensitive optical coherence tomography (PSOCT) (Hee et al. 1992), 

another emerging functional extension of OCT, can measure polarization properties of 

birefringent samples besides the structural image (Hee et al. 1992; de Boer et al. 1997, 

1998; Schoenenberger et al. 1998; Park et al. 2001; Srinivas et al. 2004; Todorovic et al. 

2008). PSOCT has been applied in imaging skin, cornea, retina, muscle, tendon, 

cartilage, enamel of teeth, plastic, etc. Functional OCTs not only improve the image 

contrast, but also enable easy differentiation and early detection of pathologies by using 

both structural and functional images.  

 

1.3 Polarization Sensitive Optical Coherence Tomography (PSOCT) 

Polarization sensitive optical coherence tomography (PSOCT) utilizes special 

optical elements to detect the change of polarization states of the incident light after 

interacting with the sample. It provides not only the structure contrast as in conventional 

OCT but also birefringence, diattenuation and optical axis orientation which are not 

available in conventional OCT. 

When light propagates in samples with organized fibrous structures as in 

cartilage, tendon, muscle, enamel of teeth, etc., the phase difference between the 

orthogonal field components of the light is changed. Form birefringence, a definition as 

that of crystalline birefringence which is an optical property of material having a 

refractive index depending on the polarization and propagation direction of the light, is 

used to describe this accumulative birefringence. Birefringence is closely related to the 

sample structural organization. If the sample has a homogeneous linear fibrous structure 

throughout the entire sample, a phase retardance δ introduced is proportional to optical 
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path-length z as δ=2π∆nz/λ, where ∆n is the refractive index difference between long axis 

and short axis; and λ is the light wave length of light source used in detection. Many 

medical conditions such as osteoarthritis and skin thermal damage are linked to the 

changes in tissue organization.  

Polarization-sensitive low coherence interferometry (LCI) was first reported by 

Hee et al.(1992). In Hee et al.’s (1992) original design, a circular polarized light was 

incident on the sample and the two orthogonal polarization components of the back-

scattered light were detected using two detectors. The cumulative retardance along the 

depth was obtained in biological tissue by calculating the ratio of the amplitudes of the 

two detected orthogonal polarization components. Polarization sensitive LCI was later 

extended to measure in two-dimension (2D) and three-dimension (3D), which becomes 

polarization sensitive optical coherence tomography (PSOCT).  

The first 2D PSOCT birefringence image was demonstrated by de Boer et al. 

(1997), where the effect of laser irradiation on birefringence was studied by measuring 

the cumulative retardance images in bovine tendon. Hitzenberger et al. (2001) further 

improved the algorithms used in PSOCT and obtained the fast optical axis orientation in 

addition to retardance.  Two dimensional relative fast axis of chicken breast muscle were 

acquired as an example (Hitzenberger et al. 2001). This method later was adapted into the 

spectral domain PSOCT (Götzinger et al. 2005) that provides faster imaging and better 

signal to noise ratio than time domain system. The phase information could be directly 

obtained from the complex reconstruction signal in spectral domain PSOCT.  
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1.4 Applications of PSOCT 

A variety of applications of PSOCT have been reported. Diagnosis of dental 

caries has been reported by Baumgartner et al. (2000) and Fried et al.(2002). Early 

detection of carious lesions and monitoring of lesion progression over time are viable 

with PSOCT because demineralization induced by caries reduces birefringence in dental 

tissue, which can be detected earlier than structural changes.  

PSOCT imaging of thermally damaged tissue was demonstrated by 

Schoenenberger et al. (1998) and Park et al (2001). Cross-sectional PSOCT images of 

native and laser damaged myocardium showed that birefringence is more sensitive to 

thermal damage than the structural information. PSOCT provides an effective way to 

characterize burn depth due to the birefringence reduction in collagen during thermal 

damage.    

Bagnanichi et al. (2010) studied tissue degeneration in Achilles tendon. 

Significant difference between non-rupture and ruptured tendons was founded by 

quantitative assessment of the birefringence change. Collagen organization in cartilage 

has been studied using PSOCT (Drexler et al. 2001). Birefringence changes associated 

with osteoarthritis can be identified using PSOCT. Using a variable-incidence angle 

PSOCT, Matcher (2009) studied collagen organization in cartilage. By probing the 

sample at different polar angles, different retardation patterns were observed (Ugryumova 

et al. 2006; Matcher 2009). A theoretical model was used to fit the multiple angle 

POSCT measurements and the polar angles of cartilage fibers were obtained (Kasaragod 

et al. 2012).      
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Ocular imaging is one of the most promising applications of PSOCT. In the 

retina, the retina nerve fiber layer (RNFL) and Henle’s fiber layer (HFL) show strong 

birefringence (Park et al. 2005a; Götzinger et al. 2005; Pircher et al. 2006; Michels et al. 

2008).  Glaucoma causes damage to the nerve fiber layer due to the high inner eye 

pressure, which may lead to reduced birefringence. Therefore PSOCT has the potential 

for earlier detection of glaucoma (Cense et al. 2002, 2004). Retinal pigment epithelium 

(RPE) was found to be depolarizing (Pircheret al. 2004, 2006; Götzinger et al. 2005; 

Michels et al. 2008; Miura et al. 2008). Previous studies either showed a scrambling 

polarization state image or decreased degree of polarization (DOP). In 2D or 3D 

birefringence image, the thickening or absence of RPE could be readily observed from 

the depolarization information. This shows the potential of PSOCT for evaluating 

pathological changes in RPE; for example, the age related macular degeneration (AMD) 

(Miura et al. 2008). In addition, the polarization properties can be applied for retinal layer 

segmentation. The ocular fundus could be classified into polarization preserving layers 

such as the photoreceptor layer; the birefringent layer including RNFL, Henle’s fiber 

layer, sclera, cornea; and the depolarization layer such as RPE.  

PSOCT has also been applied for atherosclerosis characterization in human (Kuo 

et al. 2004, 2007). PSOCT has demonstrated features that allowed differentiation of 

atherosclerotic structures such as plaques from normal tissue. Ultrasound, histology 

images has been used to compare and confirm the PSOCT images, which showed similar 

results to control images.  The results suggested that PSOCT is valuable for earlier 

assessment of atherosclerosis appearance and prediction of plaque rupture.  
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The use of PSOCT to visualize the fiber tracts in brain exhibits its potential to 

investigate the structural connections in normal brain and neurological disorders (Nakaji 

et al. 2008; Wang et al. 2011). The alignment and spatial organization of nerve fibers is 

directly related to birefringence and optical axis measurement in the white matter. Nakaji 

et al. (2008) reported a method of identifying fibrous orientation of nerve fiber bundles 

using rotating linear polarized probe light. When the probe light polarization was parallel 

to fiber axis, the back scattered light was kept linearity. This linearity was detected and 

rotation angle of probe light was recognized as fiber orientation.  Wang et al. (2011) used 

differential retardation, which is equivalent to local birefringence under the assumption 

the under-detected specimen had parallel optical axis over depth, was used to identify 

fiber tracts. Both of these methods were limited to specimen with parallel optical axis 

over depth.      

In addition to applications in biomedicine, PSOCT has also been applied to 

measure stress distribution in material based on stress-induced birefringence (Stifter et al. 

2003; Wiesauer et al. 2005, 2006, 2007; Heise et al. 2010). Non-destructive and 

quantitative measurement of inner stress of material is of great importance for defect, 

cracks detection or studying the feasibility of structure design. Inner stress can change 

material birefringence. Thus PSOCT, a non-invasive, non-contact birefringence imaging 

technique, is a promising candidate for material defect or crack detection. Birefringence 

patterns in polymer samples were investigated by using PSOCT when material strain was 

generated with predefined loading conditions. The stress optical coefficients were 

determined by evaluation of the birefringence patterns. Results indicated PSOCT can be a 
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promising imaging and quantitative method for non-invasive, non destructive, spatially 

distributed stress measurements.   

        

1.5 Jones Matrix and Mueller Matrix based PSOCT 

Jones calculus (Jiao and wang 2002) is often used in PSOCT studies where light 

is represented by a Jones vector and the sample is represented using Jones matrices. The 

general Jones matrix of sample has three independent parameters: retardation, 

diattenuation and fast optical axis. To acquire the complete Jones matrix, two incident 

light with different polarization states are needed. Correspondingly, two sets of Jones 

vectors of sample light are acquired. The Jones matrix of sample is reconstructed from 

these two independent Jones vector measurements (Jiao and Wang 2002). With polar 

decomposition, a calculated Jones matrix J can be decomposed into a 2×2 positive 

definite matrix Jp (a Jones matrix of diattenuator), a 2×2 unitary matrix JR (a Jones 

matrix of elliptical retarder). The diattenuation and retardation can be derived either from 

eigen values of JP and JR or from calculations given by Lu and Chipman (1994). The fast 

axis can be derived from Eigen vectors of JR or J considering that JP, JR and J are 

usually sharing the same axis orientation (Jiao  and Wang  2002).  

A complete Jones matrix measurement is not needed to characterize samples with 

negligible diattenuation. Only two independent parameters are needed to describe a pure 

birefringent sample: retardance and optical axis orientation. A popular implementation of 

PSOCT uses a single circularly polarized incident light and detects the horizontally and 

vertically polarized components of the backscattered light. The ratio of the amplitudes 

and phase difference between the two orthogonal polarization states can be used to 
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calculate the retardance and optical axis orientation (Hitzenberger et al. 2001). However, 

when diattenuation is significant, Jones matrix or Mueller matrix measurement is needed 

to completely characterize the sample. 

Time domain Jones matrix PSOCT was reported by several groups (Jiao and 

Wang 2002; Jiao et al. 2003; Park et al. 2004). The complex Jones vectors were obtained 

using Hilbert Transform (HT) of the real PSOCT signal. Due to the advantages of 

spectral domain detection, a spectral domain version of PSOCT was soon developed 

(Yasuno et al. 2004a, 2004b; Makita et al. 2006a). Broadband SLD source and high 

speed line scan charge coupled device (CCD) (Park et al. 2005;  Yamanari et al. 2006) or 

swept source & balance optical detector (Yamanari et al. 2008, 2009, 2010) can be used 

in the system to improve sensitivity. Fiber based systems that enable flexible system 

operations were also developed (Jiao et al. 2003; Park et al. 2005a; Yamanari et al. 

2006). The optical fiber was represented with a general Jones matrix whose effect should 

be calibrated during image processing. 

As an alternative to Jones calculus, sample polarization properties can also be 

represented using the intensity based 4×4 Mueller matrix whose components are all real 

numbers. The light is represented using a 4×1 Stokes vector in Mueller matrix approach. 

Stokes vectors measurements can be used to visualize the changes in the polarization on 

the Poincare sphere. De Boer et al. (1999) showed that optical polarization changes in 

fibrous tissue can be attributed to birefringence and that in some cases the optical axis 

can be determined when circularly polarized light is incident upon the sample. Fiber 

based PSOCT was first demonstrated for in vivo measurements of the Stokes parameters 

of human skin (Saxer et al. 2000). Roth et al. (2001) used three different polarization 
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states to illuminate the sample sequentially and measure the component in the 

backscattered light returning in the same polarization state. This method of imaging 

Stokes vector has been demonstrated with swept source OCT (Zhang et al. 2004) and 

spectral domain OCT (Cense et al. 2005). The cumulative retardation and relative optical 

axis can be calculated from the obtained stokes vectors.  

A complete Muller matrix imaging system was reported by Yao and Wang 

(1999). The sample is illuminated by four different Stokes polarization states, achieved 

by rotating the half-wave plate and the quarter-wave plate in the source arm of the 

interferometer. With the variable wave plate positioned in the reference arm, detection of 

four Stokes polarization states are sequentially generated for each of the four incident 

polarization states. From the reference intensity and the OCT-signal, all 16 Mueller 

matrix element PS-OCT images can be obtained. Yasuno et al.  (2002) extended Mueller 

matrix imaging to a spectral domain OCT system.  

However, OCT only detects the coherent part of the backscattered light. Jiao and 

Wang (2002)  demonstrated that the degree of polarization (DOP) of the measured Stokes 

vectors when using the Mueller matrix method was one. This indicated that the Jones 

calculus is equivalent to the Muller calculus in OCT. Therefore, it is not necessary to 

make the time consuming measurements of Mueller OCT. The conversion between Jones 

matrix and Mueller matrix has been reported (Jiao and Wang 2002; Yasuno et al. 2004; 

Makita et al. 2006a). 

 



12 

 

1.6 Depth-resolved PSOCT 

The majority of existing PSOCT systems can only measure the cumulative sample 

polarization properties. In samples with constant optical axis over depth, the measured 

cumulative retardance is equal to the summation of the local retardation. However, in 

samples whose optical axis changes over depth, the measured retardance is not intuitive 

to interpret. Even in samples with constant axis over depth, the measured relative optical 

axis exhibits artificial band structures. Thus, there is a need for new algorithms that can 

derive true local birefringence, attenuance and optical axis from PSOCT measurements. 

Several studies have been reported to attempt to resolve the local polarization 

prosperities from PSOCT. Guo et al. (2004) obtained the local retardation from adjacent 

layers’ Stokes vectors measurement. The system was modeled by a quaternion algebraic 

which is equivalent to a 3D complex number representation of Jones matrix in theory. 

The sample was modeled as a multiple-layer retarder with each layer being represented 

by a quaternion representation. Multiple measurements are used to detect the Stokes 

vectors which were transformed to quaternion representation. This method is valid in 

samples with negligible diattenuation. However, local axis images cannot be obtained.  

The recursive “peel-off” method has been used by several groups (Kemp et al. 

2005a; Makita et al. 2006a; Todorovic et al. 2008) in combination with Jones matrix 

based PSOCT systems. Each layer (i.e. a single image pixel) of the sample was 

represented by a Jones matrix of a retarder. Round-trip Jones matrix image of the sample 

was obtained from PSOCT results. The local Jones matrix was obtained by peeling off 

upper layers’ Jones matrices one by one from the surface. However, all reported results 

showed serious noise problems due to the noise propagation during the recursive 
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computation. It is noticeable that Makita et al. (2010) developed a “generalized” Jones 

matrix imaging to derive local retardation using a similar transformation of the adjacent 

layers’ Jones matrices. However, local optical axis cannot be obtained by using this 

method. 

 

1.7 Summary of Research 

The major objective of this dissertation study was to develop techniques to obtain 

true local polarization properties in a PSOCT system. We have developed novel 

algorithms that can be applied to both conventional PSOCT systems and Jones matrix 

based PSOCT systems.  More importantly, our algorithms can extract the depth-resolved 

local optical axis orientation which can be used to visualize 3D tissue fiber orientation 

with high resolution.  To test these algorithms, we also developed a new spectral domain 

PSOCT system that uses only one spectral camera. This implementation significantly 

reduces the system complexity in comparison with other existing PSOCT systems.  
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CHAPTER 2  

SINGLE CAMERA SPECTRAL DOMAIN PSOCT1 

 

2.1 Introduction 

Optical coherence tomography (OCT) (Huang et al.1991; Fercher et al.2003) is a 

powerful non-invasive optical imaging technique that can acquire high resolution depth-

resolved images in highly scattering tissue specimen. Polarization-sensitive optical 

coherence tomography (PSOCT) (Hee et al.1992; de Boer et al.1997; Jiao et al. 2002) 

enables polarization-dependent detection in OCT and can provide additional imaging 

contrast such as retardation and fast-axis orientation in birefringence samples. PSOCT 

has been successfully applied in a variety of biomedical applications such as burn depth 

estimation in skin (Park et al.2001; Srinivas et al.2004) and ophthalmology (Hitzenberger 

et al. 2001; Cense et al. 2004; Götzinger et al.2009). The recent development of PSOCT 

has been shifted to spectral domain implementation (Götzinger et al.2005; Baumann et 

al.2007a; Cense et al.2007; Fan et al.2007; Zhao and Izatt 2009;) due to its superior 

speed and sensitivity that are critical for in vivo three dimensional applications.  

In order to extract polarization properties in a birefringence sample, at least two 

sample images need to be acquired with two orthogonal detection polarization states 

(Hitzenberger et al. 2001). Zhao and Izatt (2009) implemented a “single-camera 

sequential-scan-based” PSOCT system by using an electro-optic modulator to change the 

                                                 
1 The content of this chapter has been published in the following article: Fan, C., and Yao, G. (2010). 
Single camera spectral domain polarization-sensitive optical coherence tomography using offset B-scan 
modulation. Opt. Express, 18(7), 7281-7287. 
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detection polarization between sequential scans. To further improve imaging speed, 

several “single-shot” PSOCT implementations have been developed. Baumann et al. 

(2007a) used a polarization-sensitive beam splitter to direct the horizontal- and vertical-

polarized components to two adjacent halves of a single spectrometer camera. Cense et 

al. (2007) reported a similar system where a Wollaston prism in the detection arm was 

used to direct the two polarization components to a single camera. Fan et al. (2007) later 

reported a different configuration that separated the two orthogonal polarization 

components in the reference arm instead of the detection arm. The two orthogonally 

polarized images were mapped into the two opposite sides in the full range image space 

relative to the zero delay line. This implementation used a common interference path in 

the detection arm and thus avoided the strict spatial alignment required when separating 

two polarization images in the detection arm. However, it required an extra phase 

modulation in the reference arm (Fan et al. 2007).    

In this paper, we presented an improved implementation over Fan et al.’s (2007) 

original approach by eliminating the extra phase modulation in the reference arm. 

Instead, we utilized the phase modulation provided by a galvo scanner during offset B-

scans that was previously used (An and Wang  2007; Baumann et al. 2007b) to achieve 

full range spectral domain OCT. This new implementation provides a simple solution to 

acquire high-speed polarization sensitive images. 

2.2 Methods 

2.2.1  System Setup 

A schematic diagram of the proposed PSOCT system is shown in Figure 2.1. An 

844nm superlumindiod (SLD) with ∆λ=46.8nm (SLD-371-HP1, Superlum, Russia) was 
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used as the light source. The incident laser power on the sample surface was 1.3mW. The 

incident light was collimated and vertically polarized (V) by a polarizer after passing 

through an optical isolator.  

 

Figure 2.1. A schematic diagram of the PSOCT system. SLD: 
superluminescent diode, C: collimator, P: polarizer to generate vertically 
polarized light. BS: non polarization beam splitter. ND: neutral density 
filter. QWP: quarter wave plate at 45°. M: reference mirrors. L: lens. OL: 
objective lens (f=88mm). VPHTG: Volume Phase Holography 
Transmission Grating (1200lines/mm). CCD: line scan camera. 

 

At the reference arm, the light was split into two parts by a non-polarized beam 

splitter (NBS). At one arm, the vertically polarized (V) light was directly reflected by a 

mirror (M); while at the other arm, a quarter wave plate (QWP) was placed at 45° to 

convert the back reflected light into a horizontally polarized (H) light. The H- and V-

polarized reference light was recombined by the same beam splitter (BS). In the sample 

arm, another QWP placed at 45° converted the V-polarized incident light into circularly 
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polarized light. The incident light was reflected at a point slightly deviated from the pivot 

axis at the x-y galvanometer scanner and redirected onto an objective lens (OL). The 

backscattered light from the sample interfered with the horizontal- and vertical-polarized 

reference light separately, and were coupled into a custom designed spectrometer. The 

coherence spectra were captured by a line scan charge coupled device (CCD) camera 

with 1024 pixels (AVIIVA SM2, e2v, France) and acquired through a frame grabber 

(PCIe-1427, National Instruments, USA). The image acquisition speed was 50k A-line/s. 

The control signals are illustrated in Figure 2.2. A digital pulse train (Ch.0) was 

generated from a DAQ card (PCI-6221, National Instruments, USA) to trigger the CCD 

line by line. This pulse train also served as the sample clock for generating saw tooth 

signals to control the scanner. Two voltage signals (Ch. 1 and Ch. 2) were used to drive 

the x- and y-axis galvanometer scanners to acquire the B- and C-scans, respectively. 

 

Figure 2.2. Waveforms for system synchronization. Ch. 0: timing base 
camera trigger; Ch. 1: B-scan signal; Ch. 2: C-scan signal. 

 
 

2.2.2 Signal Reconstruction and Processing 

The acquired raw OCT signal represented the summation of the H- and V-

polarized interference components and can be described as: 

 ( ) ( )0
, , , , cos 2 ( ) ( , )cos 2 ( )H V

k x k x k x d k x dI I A k z d A k x k z dϕ ϕ= + − + + + + , (2-1) 
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where ,
H
k xA and ,

V
k xA are the H- and V-polarized signal amplitudes at wave number k and 

lateral scanning position x, respectively. Similar to that in the optical paths of the H and 

V reference were symmetrically mapped to two opposite sides (±d) of the zero delay line 

z=0 (the focus plane in our configuration) by adjusting the delays in the reference arm 

(Fan et al. 2007). This configuration was necessary to shift the H and V component 

image adjacent to each other in the final image. The ϕd was the dynamic phase introduced 

by offset B-scan. ϕd was a function of the offset h related to the scanner pivot axis (An 

and Wang 2007; Pircher, et al.2007): 

 

8
d

hπ θϕ
λ
⋅ ⋅= , (2-2) 

where θ is the scanning angle. In order to remove the autocorrelation, self-cross 

correlation and fixed pattern noise, the acquired signal was preprocessed first by 

subtracting the average of 1000 A-scans. Then the spatial spectrum of the raw 

interferogram Ik,x, B(k, fx), was calculated by applying Fourier transform to the 

preprocessed signal against lateral position x: 

1 1
( , ) ( ( , ) ( , )) ( ( , ) ( , ))

2 2
H H V V

x x d x d x d x dB k f B k f f B k f f B k f f B k f f= − + + + − + + ,(2-3) 

where BH and BV are the Fourier transform of the H and V components, respectively. The 

space frequency shift  fd  is:  

 
1 4 1

2 F
d

d

d h
f

dx

ϕ
π λ

= = , (2-4) 

where F is the focal length of the imaging objective, and x=Fθ. In the experiment, the 

offset and the lateral scan step size ∆x were adjusted so that the spatial modulation 

frequency fd was half of the maximal spatial sampling frequency 1/∆x.  
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After obtaining Fourier transforms (Eq. 2-3) on every wave number k, the 

resulting H- and V-polarized spectra were mirror-symmetric with zero frequency. A 

bandpass filter was applied to select the single side spatial spectrum. An inverse Fourier 

transform was then used to obtain the complex spectrum. The longitudinal (to the wave 

number k) Fourier transform was carried out on every calculated complex spectrum. A 

full range complex image was obtained with the corresponding complex conjugate mirror 

image removed, leaving two images adjacent to each other by a distance of 2d. These two 

images represent these formed in horizontal and vertical polarization channels: 

 ( , ) ( , )exp( ( . )) ( , )exp( ( . ))H V
H VA z x A z d x i z x A z d x i z x= + Ψ + − Ψ .      (2-5) 

To calculate polarization parameters, one image was shifted by a distance of 2d to 

coincide with the other. The intensity I image can be calculated as 

2 2( , ) ( , )H VI A z x A z x= + . The retardationδ and fast-axis θ images were calculated using 

established method (Hee et al. (1992); Hitzenberger et al. (2001)) as:  

 

1 ( , ) ( , ) ( , )
tan ( ),

( , ) 2

V
H V

H

A z x z x z x

A z x

ψ ψ πδ θ− − += = . (2-6) 

The ranges of retardation and fast axis were [0°, 90°] and [0°, 180°], respectively.  

 

2.3 Results and Discussion 

Figure 2.3 demonstrated the image processing procedure described in the last 

section. The acquired original B-scan OCT spectra is shown in Figure 2.3a. Figure 2.3b 

was obtained after removing the DC components in the raw data. After Fourier transform 

on x, the resulting complex spectra are shown in Figure 2.3c. Both real (R) and imagery 
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(I) parts of the result are shown. The spectrum was modulated to be symmetric to the 

center zero frequency. The complex spectrum was bandpass filtered to select the single-

sided spectrum. Such filtering also helped remove low frequency fixed pattern noise in 

the system. Figure 2.3d was computed by applying inverse Fourier transform to Figure 

2.3c. Finally, applying Fourier transform against the wave number k produced the 

analytical OCT images where the H- and V-polarized components were adjacent to each 

other by a displacement of 2d. After shifting one image to coincide with the other 

orthogonally polarized component, the intensity and retardation images can be obtained 

from the amplitude image in Figure 2.3e and the fast axis image can be calculated using 

the phase image (Figure 2.3f) according to Eq. (2-6).  

 

Figure 2.3. An illustration of the OCT image processing. (a) The raw B-
scan spectra; (b) Pre-processed spectra after removing the DC component; 
(c) The imaginary (I) and real (R) parts of Fourier transformed (on lateral 
position x) spectra. The white boxes represent the band-pass filter. (d)The 
complex interferogram after inverse Fourier transform of (c). The final 
amplitude (e) and phase (f) of the depth-resolve image were calculated by 
Fourier transform of (d). 
 
To validate the system, a waveplate with a retardation of 67.5° at 844nm was used 

as the testing sample. The fast axis and retardation were measured while rotating the 
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wave plate from 0° to 170°. As shown in Figure 2.4, the measured axis orientation had 

good agreement with preset values with errors between [-2.5°, 1.5°]. The measured 

retardation had a small error of ±5% at all fast axis angles.  

 

Figure 2.4. The measured fast-axis and retardation of a waveplate. Lines 
indicate the preset values. 

 

During image processing, the depth-resolved signals were corrected for the 

sensitivity falling-off with depth whose profile approximately approached a Sinc function 

corresponding to Fourier transforms of the rectangular pixel sampling on the 

interferogram. The raw OCT signal was corrected by multiplying the inverse of the 

sensitivity curve. The present system had a maximum sensitivity of 104.5 dB at the zero 

delay line and minimum sensitivity of 75.5 dB at an imaging depth of 2.6 mm.        

Figure 2.5 shows the intensity, retardation and axis orientation images obtained in 

a piece of chicken cartilage sample. Similar to other polarization-sensitive OCT images, 

the internal intensity variations suggested structural changes. The periodic changes in 

retardation near the sample surface revealed birefringence information of the cartilage 

material. The fast-axis orientation patterns coincided with the retardation changes and 

indicated the directional information of the organized cartilage tissue. At larger depths, 
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the periodic changes disappeared in both retardation and fast-axis images, indicating loss 

of birefringence materials.   

 

 

Figure 2.5. The PSOCT images of chicken cartilage in vitro. (a) Intensity; 
(b) retardation; and (c) fast axis orientation. The size bar indicates 500µm. 
Three dimensional movies are linked to them separately. 
 

To demonstrate real time imaging, 3D in vivo PSOCT images were acquired from 

a finger fold of a human volunteer (Figure 2.6). The scan contained 1000×500 A-scans at 

50 kHz. In the intensity images (Figure 2.6a), the epidermal area could be discriminated 

from the dermal area close to the nail fold. Cuticle, nail plate, and nail bed can be 

identified. The retardation image (Figure 2.6b) revealed strong birefringence at the lower 

area of the nail fold. Strong birefringence was observed underneath the nail bed. 

Variations in dermis indicated the changes in birefringence although the same region 

appeared homogenous in the intensity image.  Similar features were also shown in the 

axis image (Figure 2.6c). 

 



 

Figure 2.6. 3D in vivo PSOCT images of a finger fold. (a) Intensity, (b) 
retardation and (c) fast
µm. 
 

2.4 Summary 

We implemented a full range 

detection of the polarization 

polarized components. The two orthogonal polarization channels were spatially separated 

by a fixed distance in the full range image space by using a dual delay assembly in the 

reference arm and offs

images were recombined to obtain the 

B-scan method (An and Wang

modulation devices in a previous implementation 

path was used in the detection arm for the two polarization channels, system alignment 

was much more simplified than those required when splitting the two channels in the 

detection arm (Baumann

demonstrated to be capabl

speed of 50k lines/sec, limited only by the camera speed.  
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3D in vivo PSOCT images of a finger fold. (a) Intensity, (b) 
and (c) fast-axis orientation. The white size bar indicates 500 

We implemented a full range 3D PSOCT using a single camera for parallel 

detection of the polarization sensitive spectral interferograms generated from H

polarized components. The two orthogonal polarization channels were spatially separated 

by a fixed distance in the full range image space by using a dual delay assembly in the 

reference arm and offset B-scan in the sample arm. The separated two polarization 

images were recombined to obtain the retardation and axis images. By utilizing the offset 

and Wang 2007; Pircher et al.2007), we eliminated the additional 

modulation devices in a previous implementation (Fan et al. 2007

path was used in the detection arm for the two polarization channels, system alignment 

simplified than those required when splitting the two channels in the 

Baumannet al. 2007a; Cense et al. 2007). This simple system was 

demonstrated to be capable of acquiring in vivo 3D polarization

50k lines/sec, limited only by the camera speed.   

 

 

3D in vivo PSOCT images of a finger fold. (a) Intensity, (b) 
axis orientation. The white size bar indicates 500 

3D PSOCT using a single camera for parallel 

sensitive spectral interferograms generated from H- and V-

polarized components. The two orthogonal polarization channels were spatially separated 

by a fixed distance in the full range image space by using a dual delay assembly in the 

scan in the sample arm. The separated two polarization 

and axis images. By utilizing the offset 

, we eliminated the additional 

2007). Because a common 

path was used in the detection arm for the two polarization channels, system alignment 

simplified than those required when splitting the two channels in the 

. This simple system was 

3D polarization-sensitive images at a 
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CHAPTER 3  

FULL-RANGE SPECTRAL DOMAIN JONES MATRIX 

OCT USING A SINGLE SPECTRAL CAMERA2 

 

3.1 Introduction 

Polarization sensitive optical coherence tomography (PSOCT) (Hee et al. 1992; 

de Boer et al. 1997) extends conventional optical coherence tomography (OCT) (Huang 

et al. 1991) by providing polarization sensitive measurements. It acquires not only 

structural images but also polarization contrast images which are useful in many 

biomedical applications (de Boer et al. 1999; Hitzenberger et al. 2001; Götzinger et al. 

2005; Matcher 2009) and material characterization (Stifter 2007; Wiesauer et al. 2007; 

Stifter et al. 2010). For birefringence samples, a simple PSOCT implementation is to use 

a circularly polarized incident light and detect the two orthogonal horizontal and vertical 

polarized backscattered components from the sample (de Boer et al. 1997; Hitzenberger 

et al. 2001). To completely characterize all sample polarization properties, both intensity-

based Mueller matrix PSOCT (Yao and Wang 1999; Jiao et al. 2000) and phase sensitive 

Jones matrix PSOCT (Jiao and Wang 2002; Jiao et al. 2003; Park et al. 2004) were 

developed. Because of the coherent detection in OCT (Jiao et al. 2000), the obtained 

Mueller matrix and Jones matrix can be converted to each other. In recent years, spectral 

                                                 
2 The content of this chapter has been published in the following article: Fan, C., and Yao, G. (2012). Full-
range spectral domain Jones matrix optical coherence tomography using a single spectral camera. Opt. 
Express, 20, 22360-22371. 
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domain OCT has become popular due to its superior signal-to-noise and faster imaging 

speed than the time domain OCT (Leitgeb et al. 2003; Wojtkowski 2010). Since phase 

information is readily available during the image reconstruction in spectral domain OCT, 

Jones matrix based PSOCT can be conveniently implemented.  

Several spectral domain Jones matrix PSOCT systems have been reported 

(Yasuno et al. 2004; Götzinger et al. 2005; Yamanari et al. 2006, 2008, 2009, 2010; 

Makita et al. 2006a; Cense et al. 2007; Baumannet al. 2007; Song et al. 2010). A 

common feature of existing PSOCT systems is the detection of the two orthogonal 

polarization components of the backscattered signal. When a swept light source is used in 

a spectral domain system, the two orthogonal signal channels can be easily detected using 

two individual detectors as in a time domain system (Yamanari et al. 2008; 2009; 2010). 

Spectral camera based systems are more widely adopted due to their relatively lower cost 

than the swept source based system. In such a system, a straightforward approach is to 

split the horizontally and vertically polarized components in space and project each to a 

separate linear CCD array (Götzinger et al. 2005; Yamanari et al. 2006). Alternatively, 

the two components can be aligned and projected to adjacent space of a single planar 

CCD or multi-line CCD (Yasuno et al. 2004; Makita et al. 2006b; Song et al. 2010); or 

two orthogonal polarized components can be realigned and projected to adjacent space in 

a single linear CCD (Cense et al. 2007; Baumann et al. 2007a). However, it is 

challenging to achieve spectrum alignment in such systems in addition to increased 

system complexity and cost. 

In this paper, we describe a simple implementation of the spectral domain Jones 

matrix PSOCT system by using a single spectral camera. Instead of separating the two 
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orthogonal polarization channels in the detection arm, two reference beams with different 

path lengths were used to separate the two orthogonal detection channels in the depth 

direction (Fan et al. 2010a). The procedures for the Jones matrix reconstruction and 

system calibration are described in detail. Imaging in vitro and in vivo tissue samples 

were demonstrated. This system provides a simple alternative implementation of Jones 

matrix PSOCT system to fully characterize sample polarization properties including 

retardation, optical axis and diattenuation. 

 

3.2 Methods 

3.2.1 Jones Matrix PSOCT System 

The Jones matrix PSOCT system (Figure 3.1) was designed based on a 

conventional single camera PSOCT reported previously (Fan et al. 2010b). A 

superluminescence diode (SLD) with a central wavelength λ0 of 844 nm and 46.8 nm 

spectral bandwidth was used as the light source. The calculated axial resolution was 6.7 

µm in air. Light emitting from the SLD was vertically polarized by using a polarizer (P) 

after passing through an isolator and collimated by a collimator (C). The polarization 

state of the light source was modulated by using an electro-optical modulator (EO-AM-

NR-C1, Thorlabs Inc.) to achieve alternating left-circularly (LC) and right-circularly 

(RC) polarized light. The modulated light was then split by a beam splitter BS into a 

reference arm and sample arm with a ratio of 50:50.  

In the sample arm, the modulated incident light was reflected by a galvanometer 

scanner (B-scan). The reflection position of the incident beam was slightly deviated from 

the pivot axis to implement full range measurement (Fan et al. 2010b). Then the reflected 
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light was guided onto an objective lens (OL) via another galvanometer scanner (C-scan) 

and focused into the sample. The reflection position on the C-scanner was centered at the 

pivot axis. The beam waist on the sample surface was 15 µm. The incident power on the 

sample surface was 1.56 mW.      

 

Figure 3.1. Schematics of the proposed Jones matrix PSOCT system. SLD: 
Superluminescent diode; C: collimator, P: a polarizer for generating vertically 
polarized light; EOM: electronic optical modulator; BS: non polarization beam 
splitter; ND: neutral density filter; PBS: polarization beam splitter; M1, M2: 
reference mirrors for the horizontal and vertical polarization components; L1: 
achromatic collimation lens (f = 30 mm); L2 achromatic focusing lens (f = 120 
mm); OL: objective lens (f = 60 mm); VPHTG: volume phase holography 
transmission grating (1200 lines/mm).  

 
In the reference arm, a polarization beam splitter (PBS) split the light into two 

beams of orthogonal polarization states: horizontal linear (H) and vertical linear (V). Two 

reference mirrors (M1 and M2) were used to form two co-axial reference beams with 

different delays, which were essential to map the horizontally and vertically polarized 

components of the backscattered sample light to two separate depth positions in the 

reconstructed image (Fan et al. 2010b).  
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The recombined reference light and sample light were coupled into a custom-

made spectrometer through a single mode fiber. The coherence spectra were captured by 

a line scan CCD camera with 1024 pixels and a pixel size of 14 µm (AVIIVA SM2, e2v, 

France). The spectral images were acquired via a frame grabber (PCIe-1427, National 

Instruments). The image acquisition speed was 52k A-line/s 

 

 

Figure 3.2. An illustration of the system synchronization sequence.Ch 0 is the 
trigger sequence for CCD A-line acquisition. Ch 1 is the drive signal for the 
EOM where a high voltage generates a left-circularly polarized light, and a low 
voltage generates a right-circularly polarized light. Ch 2 triggers the driving 
signals for the B- and C-scanner.  

 

The spectral CCD, EOM and scanners were synchronized using signals generated 

from a DAQ board (PCI-6733, National Instrument Inc.). As shown in Figure 3.2, 

Channel 0 provided a TTL signal (52 kHz) to trigger each A-line acquisition. A square 

wave from Channel 1 was used to drive EOM at 26 kHz. The 26 kHz TTL signal from 

Channel 2 was used to trigger the output of two analog pulse trains to control the B and C 

galvanometer scanners. At each scanning position, a pair of high and low voltages were 



29 

 

applied to EOM to generate L and R circularly polarized light; at the same time two A-

line signals were acquired sequentially. The CCD trigger signal (ch 0, 52 kHz) and the 

EOM driving signal (ch 1, 26 kHz) were synchronized at the rising edge. However, the 

CCD exposure time for each A-scan was 18 µs which was slightly smaller than the 

dwelling time (19.2µs) at a high or low voltage state. The system sensitivity measured at 

zero delay line of the image is 106 dB. 

 

3.2.2 Jones Matrix Construction 

 
The Jones vectors of the backscattered sample light for left-circularly (LC) and 

right-circularly (RC) polarized incident light can be represented as: 
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Where J(z, x) is the round-trip Jones matrix of the sample at depth z and lateral scanning 

position x. For convenience, the depth z is represented in “round-trip” optical pathlength 

which is the product of refractive index and physical distance. The 
T

H ( , ),V ( , )L L
s sz x z x    and

T
H ( , ),V ( , )R R

s sz x z x    are the backscattered complex Jones vectors for LC and RC polarized 

incident light, respectively. Jdet represents the system Jones matrix from the sample to the 

detector and should be calibrated for a particular system. Eq. (3-1) can be rearranged 

using a matrix format to derive the true sample Jones matrix J(z,x) from the two 

measured Jones vectors: 
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To construct the Jones vectors of the backscattered sample light, we consider the detected 

OCT interference signal from the reference and sample light:  
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where I(k, x) represents the signal measured at wave vector k and B scan position x. The 

symbol E represents the real amplitude of the light. S(k) is the spectrum of the light 

source; the zH and zV are positions of the H- and V-polarized reference beam, 

respectively. Hφ and Vφ  are polarization- and depth-dependent phases associated with the 

backscattered light. The Hθ  and Vθ  are phases of the reference light. For LC incidence, 

Hθ α= and V / 2θ π= ; whereas Hθ α= and V / 2θ π= −  for RC incidence.  

 

H V

H V

LC incidence: , /2
.

RC incidence: , / 2

θ α θ π
θ α θ π

= =
= =−  (3-4) 

There are two potential sources for the phase shift α. First, a phase shift can be induced 

by the reflection at the beam splitter (Fymat 1971). Secondly, because the position 

difference of the two reference mirrors M1 and M2 was not an integer number of the 

depth resolution (the pixel size), quantization errors were generated in the computation 

and resulted in a phase shift between the two channels.  The term mif xe  in Eq. (3-3) is a 

linear phase modulation induced by the off-axis B-scanning that was implemented to 

achieve full-range imaging (Fan et al. 2010b). The DC intensities from the reference can 
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be combined as 
2 2H VI = E + Er r r and the interference signal becomes  
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where Is represents the self-interference of the backscattered sample light: 
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Fourier transform was then applied on the x variable. After band-pass filtering to remove 

the negative frequencies (Fan et al. 2010b) and the slow-changing term of Is, the resulting 

signal contains only the interference terms: 
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where VHH V
s sH E , V E ii

s se e φφ= = are complex amplitudes of the backscattered light. 

Inverse Fourier transform was then followed to construct the complex interference signal 

as: 
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The above equation can be reformatted by using inverse Fourier transform over depth z: 

 
{

}
H

V

1 H
s H

1 V
s

I( , ) 2 ( ) E e H ( , )

E e ( , ) .

m

m

if xi
z r

i if x
z r V

k x S k z z x e

V z z x e

θ

θ

π −−

−−

 = + 

 + + 

F

F

ɶ

 (3-9) 



32 

 

A second Fourier transform was applied in k-space to obtain the complex depth-resolved 

images:
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The term [ ]ˆ ( )k S kF determines the spatial resolution of the OCT system, i.e. the size of each 

pixel where the OCT measurements are performed. The constant term V2 E mif x
r eπ can be 

eliminated from subsequent calculations. From Eq. (3-10), the horizontal component Hs 

and vertical component Vs are mapped into different depth locations separated by a 

distance ∆z=zH-zV. Therefore, the Jones vector of the backscattered sample light can be 

obtained by extracting data from different locations in the complex image: 
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Using the phase information from Eq. (3-4), the above equation can be derived as: 
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From Eq. (3-2), the sample Jones matrix can then be calculated as: 
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The effective calibration Jones matrix Jcal can be represented by a general retarder that 
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consists of a retarder and a rotator: 
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The three variables θc, δc and ϕc in Jcal can be obtained during system calibration by 

using a standard polarization component whose Jones matrix J(z, x) is known. Such 

calibration was implemented in this study using an optimization method by searching for 

the best Jcal that resulted with the minimal least square errors between experimental 

results and calculated results.  

 

3.2.3 Signal Processing 

 
To facilitate the discussions, we used the coordinate system shown in Figure 3.1. 

The z-axis represents the depth direction in the sample; x- and y-axis represent the B-scan 

and C-scan directions at the sample surface. In addition, we used the λ-space to denote 

the wavelength dimension in the acquired raw spectrum. Due to the detection sensitivity 

fall-off over depth, each A-line signal was corrected by dividing the sensitivity fall-off 

curve obtained during system calibration. The acquired one B-scan data consisted of 

2000 interference spectra of 1024 pixels each. Such B-scan data in the (λ, x) space were 

first split in the x-dimension into the “odd” and “even” scans corresponding to the LC 

and RC polarized incident light (Figure 3.2). Each frame had the same size 1024×1000 

pixels and was processed following the same procedures (Fan et al. 2010b) described 

below to extract the horizontal and vertical polarization components. 

First, every spectral line (1024 pixels) along the original λ-space was converted to 
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a uniform wave number k-space by using linear interpolation. Fourier transform, band 

pass windowing and inverse Fourier transform were then applied on each B-scan (along 

the x dimension) to obtain the analytic complex coherence signal (Fan et al. 2010b). 

Fourier transform was then applied on each A-line (k-space) to get full range images (in z 

dimension) where the horizontal (H) and vertical (V) components were separated by 

∆z=zH-zV. Another image was created by circ-shifting down the obtained 2D image by ∆z 

to match the H and V images. The Jones matrix images were then computed by using Eq. 

(3-13).   

 

3.2.4 Determining Polarization Properties 

Once the Jones matrix J is obtained, the intensity image I (in dB) was calculated 

as: 

 
( )2 2 2 2
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=  (3-15)
 

Eigendecomposition was applied to calculate the retardation and relative attenuation 

images: 
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(3-16)
 

where ���� is a diagonal matrix formed from the eigenvalues λ1 and λ2 of J. The two 

columns [ 11v , 12v ]T and [ 21v , 22v ]T of V are the corresponding eigenvectors of J. The two 

eigenvalues can be represented in term of retardation and relative attenuation as: 
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where ρ=σ+iδ is the complex retardation with δ being the sample retardation and σ being 

the relative attenuation coefficient. Therefore the single-trip retardation (Kemp et al. 

2005a; Makita et al. 2010) can be calculated from the two eigenvalues as:   
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The optical axis can be calculated from the eigenvector corresponding to the fast 

eigenvalue λ2 (Collett 1993).  
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where τ is the phase difference between v12 and  v11. The single-trip relative attenuation is 

then calculated as (Kemp et al. 2005b): 

 
2 2

1 21
2 2

1 2

tanh ,  [0, ].
λ λ

σ
λ λ

−
 −
 = ∞
 + 

  (3-20) 

3.3 Results 

3.3.1 System Calibration 

 
The extinction ratio of the H and V polarized reference components were 32.8 dB 

and 19.2 dB as characterized by using a polarizer. The polarization purity of the LC and 

RC incident light were measured as 48.6 dB and 42.6 dB, respectively by using a rotating 

polarizer.  
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Figure 3.3. An illustration of the error distribution as a function of the calibration 
parameters δc and ϕc with θc set at 2.39. (a) The LSE shown in a pseudo color 
image with black indicating small error. (b) The LSE profiles as a function of δc 
and ϕc along the lines shown in (a). 
 

To obtain calibration matrix Jcal, a variable waveplate (VWP) with retardation set 

at π/2 was placed in the sample arm. Its Jones matrix was then measured when rotating 

its axis from –π/2 to π/2. The optimal set of calibration parameters (θc, δc, ϕc) were 

determined by searching the variable space (θc∊ [0, π], δc∊ [0, π], ϕc∊ [0, π]) to 

determine the set of parameters resulting in the minimal least square error (LSE) between 

calculated retardation/axis and their corresponding true values. The obtained calibration 

parameters for our particular system were θc= 2.39 rad, δc= 0.70 rad and ϕc= 2.50 rad. 

The LSE error as a function of parameters δc and ϕc at θc= 2.39 rad is shown in Figure 

3.3.  

The obtained calibration parameters (θc, δc, ϕc) were applied to calculate the true 

sample Jones matrix from Eq. (3-13) and extract the retardation and optical axis from 

Eqs. (3-18) and (3-19). As shown in Figure 3.4a and b, the calculated retardation and axis 

of this π /2 waveplate were incorrect without applying the calibration matrix Jcal. 
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However, after applying the calibration matrix, the correct retardation and optical axis 

were obtained. The obtained average retardation was 1.552±0.016 rad. Figure 3.4 c and d 

show the measurements when the retardation of the same variable waveplate was 

changed to π/4. Again, the correct retardation and optical axis were obtained when the 

same calibration matrix were used. The measured average retardation at various angles 

was 0.775±0.014 rad. 

 

Figure 3.4. The effect of calibration matrix on the measured retardation and 
optical axis of a variable waveplate whose retardation was set at π/2 (a and b) and 
π/4 (c and d). 

 

To further verify the system calibration, the Jones matrix of another quarter 

waveplate (QWP) was measured. The axis orientation of the waveplate θ was rotated 

from –π/2 to π/2. The theoretical round-trip Jones matrix of quarter wave plate is:    
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θ θ
θ θ

 = =  − 
J J J .  (3-21) 

As shown in Figure 3.5a, the measured amplitudes |J(1,1)| and |J(2,1)| were in good 

agreement with the theoretical predications of |cos(2θ)| and |sin(2θ)|. Figure 3.5b shows 

the obtained retardation, optical axis, and relative attenuation. The measured single-trip 

retardation was 1.516±0.028 rad. The error between measured optical axis and the true 

(pre-set) axis orientation was within [-0.061 rad, 0.059 rad]. As expected, the measured 

relative attenuation was close to zero (0.046±0.019) for this quarter waveplate. 

 

 

Figure 3.5. (a) The measured amplitudes of Jones matrix elements J(1,1) 
and J(2,1) of the quarter wave plate. Solid lines are calculation results 
from of |cos(2θ)| and |sin(2θ)|. (b) The measured retardation, optical axis 
and relative attenuation of a quarter waveplate. The axis of the quarter 
waveplate was rotated from –π/2 to π/2 during the test. 
 

 

3.3.2 Imaging of Biological Tissues 

Figure 3.6 shows the imaging results obtained in a piece of chicken tendon 

sample. To improve imaging depth, a thin film of 6% glycerin was applied on the sample 

surface before the imaging.  
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Figure 3.6. Depth-resolve polarization imaging of a piece of chicken 
tendon sample. (a) Intensity; (b) retardation; (c) optical axis; and (d) 
relative attenuation. 

 
Some vertical crimp patterns appeared in the structure image (Figure 3.6a) similar 

to those reported previously (Maitland and Walsh 1997; Hansen et al. 2002; Bagnaninchi 

et al. 2010). The horizontal “band” pattern shown in the retardation image (Figure 3.6b) 

was a typical representation of organized collagen structures in tendon. Each band of the 

pattern covered a range of π in phase retardation with phase wrapping at π/2. The 

relatively uniform distributed band pattern indicated a uniform birefringent structure, 

which suggested homogeneous distribution of collagen fibers with depth. The band 

structure shown in optical axis image (Figure 3.6c) was due to the π/2 phase wrapping in 

retardation calculation (Fan et al. 2010), and thus, the “banded” pattern was identical in 

the retardation image (Figure 3.6b) and the optical axis image (Figure 3.6c). The relative 
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attenuation image was relatively uniform and appeared to increase with depth (Figure 

3.6d). 

 

Figure 3.7. Example A-line profiles of retardation, optical axis and relative 
attenuation extracted from the dashed lines marked in Figure 3.6. The line 
shown in (b) was a linear regression fitting of the experimental data 
(R2=0.86). 

 
For a quantitative study, example A-line profiles of the retardation, optical axis 

and relative attenuation extracted along the dashed lines in Figure 3.6 were shown in 

Figure 3.7. The retardation changed with depth in a sawtooth waveform. The average 

retardation calculated from the slope of the linear portion of the A-line (Figure 3.7a) was 

about 21.3 rad/mm, similar to the previously reported value of 20.67 rad/mm (Park et al. 

2004). The optical axis curve appeared to be rectangular (Figure 3.7a). Without the phase 

wrapping, the optical axis was relatively flat within each line segment, suggesting 

roughly parallel collagen fiber arrangement. The relative attenuation (Figure 3.7b) 

increased linearly with depth. The slope of the linear regression was 0.54 mm-1. The 

relative attenuation value can be converted to conventional single trip diattenuation 

(Kemp et al. 2005b) value of tanh(σ)=tanh(0.54)≈0.49 mm-1, which was similar with a 

previously reported diattenuation value of 0.39 mm-1 (Park et al. 2004).  

This system was also applied to acquire 3D images of a human finger bed in vivo.  

The 3D scans consisted of 300 frames of 1024×1000 2D images and were acquired in 
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around 12 seconds. A sample cross-sectional image and enface image are shown in 

Figure 3.8.  

 

Figure 3.8. Depth-resolve polarization imaging of a finger bed in vivo. 
Example cross-sectional images are shown in the first row:  (a) intensity, 
(b) retardation, (c) optical axis, and (d) relative attenuation. Shown in the 
2nd row are enface images extracted at the position of the dashed line in 
(a): (e) intensity, (f) retardation, (g) optical axis, and (h) relative 
attenuation. The labels shown indicate different structures: “e” epidermis, 
“d” dermis, “c” cuticle, “p” nail plate, “b” nail bed, “m” nail matrix. 

 
The images were filtered for display by using a 5×5 median filter. In the intensity 

image (Figure 3.8a), the epidermis (“e”) can be discriminated from the dermis (“d”). The 

eponychium or cuticle (“c”) is located between the dermis and the nail plate (Park et al. 

2003; Fan et al. 2007). The boundary between the nail plate and the nail bed was not 

clear because of the gradual change in the intensity signals. In the polarization images, 

the band structure in the nail bed was significantly more dense than that in the nail plate, 

i.e. there were more bands in the nail bed than the nail plate. This indicated higher 

retardation in the nail bed, likely due to a higher collagen content. Nail matrix underneath 

the nail bed showed a slower changing band pattern in retardation. The retardation also 

showed depth-dependent changes in dermis likely due to the rich collagen in dermis. As 
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expected, the band patterns in the optical axis were similar to that in the retardation 

image. Similar structures were observed in the corresponding enface images retrieved at 

the depth marked in Figure 3.8a. 

 

3.4 Conclusion 

In summary, we demonstrated a simple Jones matrix PSOCT imaging system 

using a single spectral camera. Instead of using separate detection arms in other reported 

systems, the horizontally and vertically polarized components of the backscattered light 

were mapped into different positions in the full range image space by using spatially 

separated double reference arms. The alternating left- and right- circularly polarized 

incident lights were generated by an electro-optical modulator. By using a single spectral 

camera, the system synchronization and alignment were considerably simplified. The 

Jones matrix reconstruction algorithm and system calibration were described in detail. 

Both in vitro and in vivo tests were conducted to demonstrate the capability of this system 

for imaging retardation, optical axis and relative attenuation distribution in tissue 

samples. 
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CHAPTER 4  

CORRECTING OPTICAL-AXIS CALCULATION  

IN PSOCT3 

 

4.1 Introduction 

Polarization-sensitive optical coherence tomography (Hee et al. 1992; de Boer et 

al. 1997; Hitzenberger et al. 2001) (PSOCT) is an important branch of optical coherence 

tomography (OCT). It can provide an extra polarization contrast mechanism such as 

retardation and optical axis orientation in addition to structural information. Many 

technologies have been developed, such as stokes vectors imaging (de Boer et al. 2002), 

Jones matrix ( Jiao et al. 2002; Park et al. 2004) and Muller matrix measurements (Yao 

and Wang 1999; Yasuno et al. 2004). Among various implementations, the approach 

reported by Hitzenberger et al. (2001) is the simplest that used a circularly polarized 

incident light and detected the horizontal- and vertical-polarized components. This 

method has been implemented in both bulk (Götzinger et al. 2005) and fiber-based 

(Götzinger et al. 2009) frequency-domain PSOCT. Due to its simplicity, it has also been 

adopted by several different single detector PSOCT implementations (Pircher et al. 

2004b; Baumannet al. 2007a; Fan et al. 2007; Al-Qaisi et al. 2008; Lee et al. 2010; 

Schmoll et al. 2010; Wang et al. 2010). This algorithm has been widely used to image the 

                                                 
3 The content of this chapter has been published in the following article: Fan, C., and Yao, G. (2010). 
Correcting optical-axis calculation in polarization-sensitive optical coherence tomography. IEEE 
Transactions on Biomedical Engineering, 57(10), 2556-2559. 
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retardation and optical axis orientation in a variety of birefringence tissues such as skin 

(Pircher et al. 2004b), nail bed (Schmoll et al. 2010; Wang et al. 2010), retina (Götzinger 

et al. 2005, 2009b; Zhao and Izatt 2009), cornea (Pircher et al. 2004c), muscle (Fan et al. 

2007; Al-Qaisi et al. 2010), tendon (Fan et al. 2007; Al-Qaisi and Attin 2008, 2010; Lee 

et al. 2010)atherosclerotic plaques (Kuo et al. 2007), and other birefringence materials 

(Kemp et al. 2005b; Wiesauer et al. 2006). However, in all these studies, the optical axis 

maps appeared as a periodic structure varying between -π and +π which does not 

represent the true optical axis in the sample. Since the optical axis is essential for 

identifying fiber orientations, its misrepresentation hinders a direct visualization of fiber 

orientations in birefringence samples.   

We analyzed the computational mechanism in PSOCT and demonstrated that such 

axis misrepresentation was caused by the retardation accumulation at different sample 

depths (Hitzenberger et al. 2001). A simple method was then proposed to correct this 

effect. Experimental verification was conducted to demonstrate this method in 

birefringence tissue samples. 

 

4.2 Method 

4.2.1 The Cause of Incorrect Optical Axis Calculation 

In PSOCT, the optical component and tissue sample can be described by using the 

Jones matrix method (Jiao and Wang 2002; Park et al. 2004). In a typical PSOCT system 

(Götzinger et al. 2005, 2009b), a circular polarized incident light was produced in the 

sample arm after passing a vertically polarized light through a quarter wave plate. The 

round trip polarization state of the reflectance light from the sample can be calculated 
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using Jones matrix multiplication (Götzinger et al. 2005, 2009b): 
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where R is the reflectivity of the sample, JQ is the Jones matrix of a quarter wave plate 

and JS represents the Jones matrix of a birefringence sample:        
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where δ is the retardation (phase difference between EH and EV induced by the sample) 

and θ is the fast optical axis (perpendicular to fiber orientation). As delineated previously 

(Hitzenberger et al. 2001), the measured depth-resolved H- and V-polarized component 

(AH and AV) of the image signal after applying Fourier transform to the interference 

spectrum are:    
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where Er and Es are amplitudes of the reference and sample light, respectively, for both 

H- and V-polarized component. ϕrand is the common random phase and 2kz is the round-

trip phase difference between the reference and sample arms. The sample retardation can 

be calculated as δ=tan-1(|AV|/|AH|). To calculate the corresponding optical axis, the 

product of AV and the conjugate of AH was calculated as: 

 [ ]* 2 2
V H r sA=A A =E E (z)sin( )cos( )expiδ δ φ , (4-4) 

where φ=π−2θ. The orientation of optical axis θ ranges from 0 to π and is calculated from 

the phase angle of A: 
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[ ]1
A

2 2
angle

πθ = − .  (4-5)   

The calculated phase angle angle[A] has a range of [-π, π] and is affected by the 

sign of the retardation term sin(δ)cos(δ). As an example, for 0≤ φ ≤ π/2, if the retardation 

is located in the 1st or 3rd quadrant, a correct θ is calculated. But if δ is in the 2nd or 4th 

quadrant, the angle(A) is interpreted as an angle in the 3rd quadrant because of the 

negative sign of sin(δ)cos(δ), resulting α + π/2 phase wrapping to the calculated θ. 

Similarly, for π≤ φ≤ 3π/2, a correct θ is obtained from Eq. (4-5) if δ is in the 1st or 3rd 

quadrant. However, angle[A] is interpreted as an angle in the 1st quadrant if δ is in the 2nd 

or 4th quadrant, resulting an apparent –π/2 phase addition to the calculated θ. In PSOCT, 

the accumulation of retardation δ with sample thickness thus produces an apparent 

periodic change of the optical axis with imaging depth. 

 

4.2.2 Correcting the Retardation Effect 

Such retardation accumulation induced changes in optical axis could theoretically 

be corrected by identifying the transition point of the retardation or optical axis and 

correcting any sudden changes. However, OCT images in tissue are known to be prone to 

speckle noise, which makes it challenging to identifying true transitional points. 

Therefore, a method that can correct this problem automatically would have significant 

practical advantages.  

In our method, a π phase term was digitally added to the vertically polarized 

component of the detected signal Av:   
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The effect of this phase term is equivalent to a multiplication with -1. The product of AV’ 

and A H* was then calculated: 

 [ ]
V

' * 2 2
H r sA'=A A =E E (z)sin( )cos( )exp 'iδ δ φ , (4-7) 

where φ'=−2θ and has a range of [-π,π]. The optical axis orientation can be calculated as: 

 
[ ]1

' A'
2

angleθ = − . (4-8) 

If the top tissue layer has a negative θ', a constant of π is added to maintain a 

range of [0, π] for the θ'. Because of the π phase induced, the retardation induced phase 

change in angle[A’] was reversed as that in angle[A]. Thus, its effect was eliminated 

when adding the two together. The true optical axis can then be obtained as:   

 
[ ]( )1
A [A']

4 4
angle angle

πθ = − + . (4-9) 

 

4.2.3 Experimental Demonstration 

Experiments were conducted to demonstrate the proposed algorithm using a 

PSOCT system. A detailed description of the system has been reported elsewhere (Fan 

and Yao 2010a). It was a spectral domain full range polarization-sensitive optical 

coherence tomography. One SLD at 844nm (∆λ0 = 46.8nm) was used as the light source. 

The axial and lateral resolutions were 6.7 µm and 32µm, respectively. The system speed 

was 50,000 A-lines/sec. The A-B-C scan size was 1024×1000×500 pixels corresponding 

to a scan range of 5.2mm×4.9mm×4.9mm. Intensity, phase retardation, and optical axis 

orientation images were obtained as described in the previous method section. 
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4.3 Results and Discussion 

4.3.1 Simulation 

Numerical simulation was first conducted to demonstrate the retardation effect 

and the correction algorithm introduced in the last section. In the simulation, a stack of N 

layer of wave-plates was used to simulate a birefringence sample. Each wave plate is 

modeled by a Jones matrix Ji and the round trip Jones matrix of the N layer of wave 

plates stack represents the polarization-sensitive measurement of the Nth layer in a 

conventional PSOCT: 

 1 1 1 1( ) T T T
N N N NN − −=J J J J J J J⋯ ⋯ . (4-10) 

Each individual wave plate has a fixed identical birefringence ∆n=5×10-4. The optical 

axis of each wave plate in the stack varied randomly at [-2.5°, 2.5°] around a central axis 

orientation of 62.5°. 

 

Figure 4.1. Simulated PSOCT measurements in a stack of wave plates. 
 

Both the conventional method and our proposed correction algorithm were 

applied to calculate the optical axis and retardation with circularly polarized incident light. 
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As shown in Figure 4.1, the conventional (uncorrected) axis measurement had a π phase 

jump when the accumulative retardation increased to 45° (single trip) and again to 135°. 

In other words, it led to a 90° phase change in the measured optical axis for every 90° 

increment in double-trip retardation. However, the proposed algorithm successfully 

eliminated the retardation effect and fully recovered the theoretical axis.     

 

4.3.2 Tests in Wave Plate 

To illustrate the retardation induced phase shifting phenomenon in optical axis 

measurement, the optical axis of a Berek compensator (5540, New Focus, Santa Clara, 

CA) was measured using our PSOCT system. The optical axis was measured when the 

retardation was set in the 1st quadrant [0, π/2] and 2nd quadrant [π/2, π].  

 

Figure 4.2. The conventional axis measured with retardation in the 1st 
quadrant (30°) and 2nd quadrant (120°). Axis measured with retardation in 
the 2nd quadrant experienced a 90° phase change. The solid line 
represents the preset values. 
 
 
As shown in Figure 4.2, when retardation was set in the 1st quadrant, the 

measured optical axis had excellent agreement with preset values. However, the axis 

measurement with the retardation in the 2nd quadrant had a 90° jump as expected. When 
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the correction algorithm was used, the 90° addition was removed and the true optical axis 

was recovered. 

 

 

Figure 4.3. The optical axis and retardation measurements of a variable 
wave plate at different retardation settings. The optical axis was set at 30° 
during the measurements. The theoretical, uncorrected and corrected 
measurement results were shown. 

 

Figure 4.3 shows the measurement results when the optical axis of the Berek 

compensator was fixed at 30°, but its retardation was changed gradually. A 90° phase 

shift in optical axis occurred at retardation of 90°, 180°, 270°, 360° which represents the 

transition points between two consecutive quadrants. The correction algorithm 

successfully eliminated such sudden phase changes. The retardation measurements had 

good agreement with the waveplate settings. The corrected optical axis closely fluctuated 

around the preset value axis. Part of these errors was due to the movement of the optical 

mount when adjusting the retardation. 
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4.3.3 Tests in Tendon Samples 

A piece of chicken tendon tissue was imaged to further test the proposed 

algorithm. An enface PSOCT image acquired at ~130 µm below the sample surface is 

shown in Figure 4.4. 

 

Figure 4.4. Enface PSOCT images of the tendon sample. (a) intensity, (b) 
retardation, (c) conventional uncorrected optical axis, (d) corrected optical 
axis mapping, (e) a comparison between uncorrected and corrected optical 
axis along one B-scan line across the sample, and (f) a streamlines map of 
fiber orientation. The size bar in the intensity image indicates 0.5 mm. 
 

The intensity image shows the structural information of the tendon as those 

reported by other groups (Al-Qaisi and Akkin 2008, 2010; Fan et al. 2007; Lee et al. 

2010). The accumulative retardation and the conventional axis orientation had similar 



 

topological periodic patterns. Such periodic patterns did not correctly represent the true 

optical axis distribution. In the corrected 

patterns were removed leaving a relatively uniform map of optical axis.  

shows a detailed comparison between uncorrected and corrected optical axis along one B

scan line. As shown in the figure, the optical axis orientation changed graduately from 

~90° to ~110° when moving from the left boundary to the right boundary. Because the 

optical axis is perpendicular to the collagen fiber orie

orientation can be calculated based on the corrected optical axis image in 

illustrated in Figure 4

orientation appeared to agree with surface texture features show

(Figure 4.4a). 

Figure 4.5. B-scan PSOCT images
retardation, (c) conventional uncorrected and (d) corrected optical axis. 
The size bar in the intensity image indicates a size of 0.5
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topological periodic patterns. Such periodic patterns did not correctly represent the true 

optical axis distribution. In the corrected optical axis image (Figure 

patterns were removed leaving a relatively uniform map of optical axis.  

a detailed comparison between uncorrected and corrected optical axis along one B

scan line. As shown in the figure, the optical axis orientation changed graduately from 

hen moving from the left boundary to the right boundary. Because the 

optical axis is perpendicular to the collagen fiber orientation, the collagen fiber 

orientation can be calculated based on the corrected optical axis image in 

4.4f using a streamline plot. The morphological changes of 

to agree with surface texture features shown 

scan PSOCT images of the tendon sample. (a) inten
, (c) conventional uncorrected and (d) corrected optical axis. 

The size bar in the intensity image indicates a size of 0.5 mm.

topological periodic patterns. Such periodic patterns did not correctly represent the true 

Figure 4.4d), the periodic 

patterns were removed leaving a relatively uniform map of optical axis.  Figure 4.4e 

a detailed comparison between uncorrected and corrected optical axis along one B-

scan line. As shown in the figure, the optical axis orientation changed graduately from 

hen moving from the left boundary to the right boundary. Because the 

ntation, the collagen fiber 

orientation can be calculated based on the corrected optical axis image in Figure 4.4d as 

f using a streamline plot. The morphological changes of fiber 

 in the intensity image 

 

 
of the tendon sample. (a) intensity, (b) 

, (c) conventional uncorrected and (d) corrected optical axis. 
mm. 
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As previously recognized (de Boer and Milner 2002), the conventional PSOCT 

implementation (Eq. 4.1-4.3) using a single circularly polarized light can only retrieve 

correct polarization parameters in samples where the optical axis is consistent with depth. 

This condition is usually satisfied in certain biological tissues such as tendon, especially 

at small depths. Figure 4.5 shows the cross-sectional PSOCT image of the same tendon 

sample used in Figure 4.4. As in the enface image, the retardation induced periodic 

changes in optical axis at different depths (Figure 4.5c) were largely eliminated in the 

corrected optical axis image (Figure 4.5d). There are variations in optical axis across the 

sample, but the optical axis was relatively stable at small depths. 

 

4.4 Conclusion 

We analyzed the retardation induced incorrect optical axis calculation in a popular 

implementation of PSOCT. A novel method was proposed to automatically correct the 

optical axis calculation based on an additional digital phase shift during image 

reconstruction. This signal processing method reversed the changes in optical axis 

induced by the retardation accumulation. Adding this new signal with the original optical 

axis calculation thus, eliminated any retardation induced effect. This method can 

theoretically be applied in any such PSOCT implementations, but it can be especially 

conveniently incorporated in a frequency domain PSOCT. We have experimentally 

shown that this method is capable of revealing the two dimensional collagen fiber 

orientation in enface PSOCT images acquired in a tendon sample.  
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CHAPTER 5 

MAPPING LOCAL RETARDATION IN BIREFRINGENT 

SAMPLES USING PSOCT4 

 

5.1 Introduction 

Polarization-sensitive optical coherence tomography (PSOCT) (Hee et al. 1992) is an 

extension of conventional optical coherence tomography (OCT). Being able to measure sample 

polarization parameters (e.g. retardation), PSOCT has been proven useful in biomedicine (de 

Boer and Milner et al. 2002) and material characterization (Jiao and Wang 2002; Stifter 2007). 

Jones matrix (Jiao and Wang  2002) and Mueller matrix (Yao and Wang 1999) based 

implementations have been explored to fully characterize sample polarization properties. Various 

algorithms (Guo et al. 2004; Jiao et al. 2003a; Kemp et al. 2005a; Makita et al. 2010) have been 

proposed to extract local polarization properties from cumulative Jones matrix measurements.  

For birefringent samples with negligible diattenuation, a simple PSOCT implementation 

(de Boer and Milner 2002) has been widely adopted. It uses a circularly polarized incident light 

and detects the backscattered Jones vector [H, V]T. The intensity image I is calculated as 

10log(H2+V2). The retardation and optical axis images are computed as (Hitzenberger et al. 

2001): 

                                                 
4 The content of this chapter has been published in the following article: Fan, C., and Yao, G. (2012). 
Mapping local retardation in birefringent samples using polarization sensitive optical coherence 
tomography. Opt. Lett., 37(9), 1415-1417. 
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( )1

1 * *

tan H / V

0.5tan Im(H V ) / Re(H V )

δ

θ

−

−

=

 = × × 
, (5-1) 

where H and V are horizontally and vertically polarized components of the backscattered light, 

respectively. 

The δ calculated from Eq. (5-1) represents the retardation value cumulated from the 

sample surface to the measurement depth. To locate a specific polarization feature, depth-

resolved “local” retardation needs to be determined (Guo et al. 2004). Such local retardation was 

previously estimated using the retardation difference between adjacent depths (the “differential 

retardation”) (Jiao et al. 2003b). However, such calculation is valid only in samples with 

consistent optical axis over depth (Jiao et al. 2003b; Guo et al. 2004). In samples whose optical 

axis varies with depth, the measured cumulative retardation is not equal to the summation of the 

local retardation from all top layers (Guo et al. 2004; Kemp et al. 2005b). To illustrate this issue 

and facilitate later discussion on experimental data, simulated 1D PSOCT results in birefringent 

samples of homogeneous optical axis and of depth-dependent optical axis are shown in Figure 

5.1.  

The sample was modeled as a series of stacked retarders each represented by a Jones 

matrix J based on an assigned retardation and optical axis. A π/4 waveplate in front of the sample 

transformed horizontally polarized incident light to right-circularly polarized light (de Boer and 

Milner 2002). The Jones vector from these n stacked retarders can be calculated as: 

 ( ) ( )1 1 1 1

H 1 1 11
V 1 1 02

T

n n n n

i i

i i− −
        =               

J J J J J J⋯ ⋯ .  (5-2) 

The cumulative retardation and optical axis were then calculated by using Eq. (5-1). 

Figure 5.1a and 5.1b show results obtained from a stack of retarders with a 

constant optical axis of π/10. In Figure 5.1c and 5.1d, the retarders had linearly increasing 
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axis from 0 to 3.2π with a π/50 increment. In the simulation, the true retardation of each 

retarder varied randomly between [3π /100, π/25]. The optical axis shown in Figure 5.1a 

appeared to be a constant with a π/2 phase jump caused by phase wrapping in cumulative 

retardation (Fan et al. 2010b). The differential retardation (Jiao et al. 2003a) correctly 

retrieved the true local retardation in the first case (Figure 5.1b). In the second case 

(Figure 5.1c), the cumulative axis increased linearly with depth and the cumulative 

retardation was not in a sawtooth shape as in Figure 5.1a. The obtained differential 

retardation deviated significantly from the true values (Figure 5.1d).  

 
 

Figure 5.1. Simulated PSOCT measurements in a series of retarders of 
constant optical axis (a and b) and linearly changing optical axis (c and d). 
 

 

5.2 Methods 

An algorithm was proposed to extract correct local retardation from conventional 

cumulative PSOCT measurement. An OCT system usually has a depth resolution of a few 

micrometers. Within such a thin measurement layer along each A-scan, the optical axis can be 
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considered uniform. Therefore, the Jones matrix Ji of the ith sample layer (a “pixel”) can be 

modeled as a linear retarder JL(αi, δi) with an optical axis αi and retardation δi: 

  (5-3) 

where the rotation matrix R(αi) and orthogonal phase retardation matrixΛ (δi) are: 

 
( ) ( )

i

i

i /2
i i

i i i /2
i i

cos sin e 0
,

sin cos 0 e

δ

δ

α α
α δ

α α −

−   = =   
   

R Λ . (5-4) 

The single-trip cumulative Jones matrix of the top n layers is the product of a series of linear 

retarders, which is equivalent to a general retarder (Hurwitz and Jones 1941) :   

 
 (5-5) 

where JL(βn, κn) is the linear portion of the general retarder with “apparent” optical axis βn and 

retardation κn. R(φn) represents a rotation induced by matrix product of multiple linear retarders 

of different optical axes (Hurwitz and Jones 1941). In Eq. (5-5), the directly measured round-trip 

cumulative Jones matrix from the top nth layer is:  

 ( ) ( )Tn
r n n 1 1 n n 1 1 L n n,2β κ− −= =M J J J J J J J⋯ ⋯ . (5-6) 

The R(φn) is cancelled in the round-trip Jones matrix and cannot be obtained in OCT 

measurements (Pircher et al. 2007). Equation (5-6) is consistent with the Jones reversibility 

theorem which indicates that the round-trip Jones matrix is transpose symmetric (Jiao and 

Wang 2002) and thus, represents a linear retarder when there is no diattenuation.  

Equation (5-6) indicates that the “apparent” single-trip retardation κn and optical axis βn 

can be directly obtained from the conventional PSOCT measurements in Eq. (5-1) as: κn=δ and 

βn=θ. Once retardation and optical axis are determined, the JL(βn, κn) in Eq. (5-5) can be 

constructed from the Jones matrix of a linear retarder as in Eq. (5-3) (Park et al. 2005b). Now we 
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consider the measured round-trip cumulative Jones matrix of the top (n+1)th layer:    

 

( ) ( )
( ) ( )

Tn 1 T
r n L n n n 1 n 1 n L n n

T
L n n n n 1 n 1 n L n n

( ) , ( ) ,

, ( ) ( ) ,

φ β κ φ β κ

β κ φ φ β κ

+
+ +

+ +

=       

 = − 

M R J J J R J

J R J J R J
. (5-7) 

A new matrix 1n
r

+N can be obtained by removing JL(βn, κn) from the right side of Eq. (5-7): 

 

n 1 1 n 1 1
r L n n r L n n

T
n n 1 n 1 n

( , ) ( , )

( ) ( )

β κ β κ
φ φ

+ − + −

+ +

=

= −

N J M J

R J J R
.  (5-8)  

Because of the similar transformation (Makita et al. 2010) at the right side of Eq. (5-8), the 

eigenvalues (λ1, λ2) of + +
T

n 1 n 1
J JJ JJ JJ J are identical to that of 1n

r
+N . Thus, the “local retardation” δn+1of 

the (n+1)th layer and the axis ' 1nθ +  of 1n
r

+N can be obtained as:   
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 , (5-9) 

where λ1 and λ2 are eigenvalues of 1n
r

+N obtained by matrix diagonalization. The calculated '
1nθ + is 

equivalent to rotating the local optical axis of (n+1)th layer’s by an angle φn: 
'

1nθ + =θn+1−φn. Since 

φn is unknown, the derived ' 1nθ +  is referred to as “pseudo local optical axis”. 

 

5.2 Results 

The above algorithm was applied to analyze PSOCT results measured by using a 

frequency domain PSOCT system described in detail elsewhere (Fan and Yao 2010b). The 

system had a speed of 50k lines/s with depth/lateral resolution of 6.7µm/37µm. The intensity I, 

cumulative retardation δ and optical axis θ were calculated using Eq. (5-1). The cumulative 

results were filtered by using a 3×3 (pixel) median filter to remove speckle noise. Then JL(βn, κn) 
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and n
rM  in Eqs. (5-5−5-6) were computed as JL(θ, δ) and JL(θ, 2δ) where JL is the Jones matrix 

of a linear retarder (Eq. (5-3)). The depth-resolve “local retardation” was then calculated using 

Eqs. (5-8 – 5-9). The “differential retardation”  (Jiao et al. 2003a) was also calculated for 

comparison.  

The algorithm was first applied to derive local retardation in a chicken tendon sample 

(Figure 5.2) that had a relatively homogeneous optical axis. The images in Figure 5.2 had a 

dimension of 1.14mm×3mm (depth × lateral) and were smoothed by using a 3×3 Gaussian filter. 

Both the conventional cumulative retardation (Figure 5.2b) and optical axis (Figure 5.2c) 

showed clear banding patterns typically observed in tendon samples. The depth-resolved local 

retardation (Figure 5.2f) and differential retardation (Figure 5.2d) were visually very similar to 

each other.  

 

Figure 5.2.  PSOCT images of a piece of tendon sample. (a) Intensity I; (b) 
cumulative retardation δ; (c) optical axis θ; (d) differential retardation; (e) 
pseudo local optical axis; (f) local retardation. 
 

A-scan data extracted along the dashed line in Figure 5.2 are shown in Figure 5.3. 

Although, with some variations, the cumulative retardation and optical axis shown in Figure 5.3a 
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were similar to those in Figure 5.1a, suggesting a consistent optical axis along the depth in this 

sample. Thus as expected, the calculated local retardation was almost identical to the differential 

retardation (Figure 5.3b).   

 

Figure 5.3. A-scan data extracted along the dashed line in Figure 5.2. (a) 
The cumulative retardation and optical axis. (b) The differential 
retardation and local retardation. 
 

To test the proposed algorithm in samples with varying axis over depth, a piece of plastic 

cap sample was imaged. The obtained images are shown in Figure 5.4. Compared with the 

homogeneous pattern in the tendon, Figure 5.4b and 5.4c were inhomogeneous with different 

birefringence distributions in the left and right parts. Although the optical axis (Figure 5.4c) also 

appeared as parallel bands in the left part of the image, the intensity within each band was not 

uniform, suggesting a changing optical orientation with depth. The local retardation (Figure 5.4f) 

and differential retardation (Figure 5.4d) were visually quite different. 
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Figure 5.4. PSOCT images of a plastic sample. (a) Intensity I; (b) 
Cumulative retardation δ (c) optical axis θ (d) differential retardation; (e) 
pseudo local optical axis; (f) local retardation. 

 

The A-scan data (Figure 5.5) extracted along the two dashed lines in Figure 5.4 

provided quantitative evidence of depth-varying axis in the plastic sample. Along the long dashed 

line (Figure 5.5a), the changes of optical axis and cumulative retardation with depth were 

different from tendon (Figure 5.3a) and the simulated results of constant optical axis (Figure 

5.1a). However, the trends were consistent with the simulation (Figure 5.1c) in samples of 

depth-varying optical axis. Similar patterns appeared in Figure 5.5c, although the axis did not 

increase linearly with depth as in Figure 5.5a. As expected, the derived local retardation and 

differential retardation were distinctly different (Figure 5.5b and Figure 5.5d), in a sharp 

contrast to the tendon result (Figure 5.3b). Similar to the simulated result in Figure 5.1d, the 

extracted local retardation appeared as envelopes of the differential retardation which oscillated 

between zero and the local retardation. If needed, the correct cumulative retardation can be 

calculated by integrating the obtained local retardation over depth. 
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Figure 5.5. A-scan data extracted from the long dashed line (a and b) and 
short dashed line (c and d) in Figure 5.4. 

 

5.4 Conclusion 

In summary, we proposed an algorithm to extract depth-resolved local retardation from 

conventional PSOCT systems that use only one circularly polarized incident light. In birefringent 

samples with depth-varying optical axis, the proposed algorithm can derive correct local 

retardation from the “apparent” cumulative retardation measured in conventional PSOCT. This 

method can be conveniently applied in existing PSOCT systems. 

 

  



63 

 

CHAPTER 6 

MAPPING LOCAL OPTICAL AXIS IN BIREFRINGENT 

SAMPLES USING PSOCT5 

 

6.1 Introduction 

Polarization sensitive optical coherence tomography (PSOCT) (Hee et al. 1992) 

enhances conventional optical coherence tomography (OCT) (Huang et al. 1991) by 

revealing polarization properties such as retardation and optical axis in addition to 

structural information. Such polarization-dependent contrast has potential applications in 

a variety of areas such as ophthalmology, dermatology, and dentistry.  

Due to the “round-trip” signal detection in OCT, conventional PSOCT 

measurements are integrated results from the sample surface to the measurements depth. 

Because such cumulative results are not intuitive for interpretation and incorrect for 

samples with a depth-varying optical axis, various algorithms (Guo et al. 2004; Kemp et 

al. 2005a; Todorovic et al. 2008;  Makita et al. 2006b, 2010; Fan and Yao 2012a) have 

been developed to extract depth-resolved local polarization properties. Majority of these 

reported methods are Jones matrix (Kemp et al. 2005a; Makita et al. 2006b, 2010) based 

OCT systems that require multiple imaging acquisitions with different incident 

polarization. These algorithms cannot be directly applied to the widely adopted 

conventional PSOCT systems that use a single circularly polarized incident light.  

                                                 
5 The content of this chapter has been published in the following article: Fan, C., and Yao, G. (2012). 
Mapping local optical axis in birefringent samples using polarization-sensitive optical coherence 
tomography. J Biomed Opt. 17(11), 110501. 
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An algorithm (Fan and Yao  2012a) was recently reported to extract local 

retardation in birefringent samples using conventional PSOCT system. However, the 

algorithm cannot extract the local optical axis which is the other important parameter 

necessary for characterizing birefringent samples. Here we report a new algorithm that 

can derive true depth-resolved local optical axis along with local retardation in 

conventional PSOCT systems.  

 

6.2 Methods 

In a conventional PSOCT system, a circularly polarized light is usually used as 

the incident light, and the H- and V-polarized backscattered light from the sample are 

measured. The “single-trip” cumulative retardation δ and “fast” optical axis θ can then be 

obtained in addition to the intensity I = 10log(H2+V2) as: 

 
( )−

−

δ =

 θ = × × 

1

1 * *

tan H / V

0.5tan Im(H V ) / Re(H V )
. (6-1) 

The δ and θ in Eq. (6-1) are cumulative results that are affected by sample properties 

along the entire imaging leading to the measurement depth. In birefringent samples with a 

depth-independent optical axis, the obtained optical axis θ represents the true sample 

optical axis except for a phase wrapping (Fan and Yao 2010a) and the cumulative 

retardation δ is the true integrated result over the imaging path. However, the same 

interpretation is not true in samples with depth-varying optical axis (Fan and Yao  

2012a). 

To construct the local optical axis and retardation (denoted as φ and κ , 

respectively) at a particular depth in a birefringent sample, the corresponding ith layer 
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(represented as the ith image pixel in the A-scan) is modeled as a linear retarder whose 

Jones matrix Ji is: 

                                       
(6-2) 

whereJL(φi, κi) represents the Jones matrix of a linear retarder with retardation of κiand 

optical axis φi. R(φ) and Λ(κ) are the standard rotation matrix and phase retardation 

matrix: 

 
κ

κ

φ φ
φ κ

φ φ
   =   

   

i /2

-i /2

cos -sin e 0
( ) = , ( )

sin cos 0 e
R Λ .  (6-3) 

Since only the round-trip signal can be obtained in OCT measurement, the round-trip 

cumulative Jones matrix of the top n layers can be represented as: 

[ ] ( )[ ]T T
RT ST ST(n)= (n-1) (n-1) ,n nJ J J J J                                  (6-4) 

whereJn is the local Jones matrix of the nth layer in Eq. (6-2). JST(n-1) is the single-trip 

Jones matrix of the top (n-1) layers: 

 −= ⋯ST 1 2 1(n-1) .nJ J J J  (6-5) 

From Eq. (6-4), the local Jones matrix of the nth layer can be calculated as: 

 [ ]− −
 = − − 

1 1T T
n n ST RT ST( 1) ( ) ( 1) .n n nJ J J J J  (6-6) 

The local optical axis φ  and retardationκ can then be calculated from T
n nJ J by eigen-

decomposition (Makita et al. 2010). From Eq. (6-6), both round-trip Jones matrix of the 

top n layers RT ( )nJ and the single-trip Jones matrix of the top (n-1) layers ST ( 1)n −J are 

needed to calculate the local Jones matrix nJ . The RT ( )nJ in a birefringent sample is also a 

linear retarder (Fan and Yao 2012c): 

 
                           

(6-7)  
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where δn and θn are the cumulative retardation and optical axis measured in PSOCT from Eq. (6-

1). In other words, the round-trip Jones matrix JRT(n) in Eq. (6-7) can be constructed completely 

from the PSOCT measurements.  

To calculate the single-trip Jones matrix JST(n-1), a recursive algorithm can be applied 

starting from the 1st layer where JST(1)=J1=JL(θ1, δ1). Once the local retardation and optical axis 

are determined for the nth layer, the next single-trip cumulative Jones matrix for the top n layers is 

constructed as: 

 ( )φ κ= =ST ST ST(n) (n-1) , (n-1),n L n nJ J J J J                              (6-8) 

where ( ),L n nφ κJ  is the local Jones matrix of the nth layer in the form of a linear retarder 

(Eq.(6-2)) and is constructed from calculated φn and κn. The procedure from Eq. (6-6) to 

Eq. (6-8) is then repeated for the next depth layer until all pixels are calculated. 

Instead of calculating the local retardation κn from T
n nJ J  along with the optical axis φn, we 

obtained κn from the PSOCT measurements of the two neighboring layers as reported previously 

(Fan and Yao  2012c). Briefly, from the PSOCT measurements obtained at depth layer n-1 (δn-1 

and θn-1) and depth layer n (δn and θn), the following matrix is constructed: 

 ( )θ δ θ δ θ δ− −
− − − −= 1 1

L n 1 n 1 L n n L n 1 n 1(n) ( , ) ,2 ( , ).N J J J                               (6-9) 

The local retardation κn was then calculated from the eigenvalues of the N(n) matrix 

(Makita et al. 2010). 

 

6.3 Results 

6.3.1 PSOCT Imaging in Homogeneous Sample 

The above algorithm was tested on PSOCT images acquired using a bulk-optic 
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frequency domain PSOCT system described elsewhere (Fan and Yao  2010b). The 

system has a central wavelength of 844nm. The depth and lateral resolution of the system 

are 6.7µm and 37µm, respectively. Imaging speed is 50k A-line/sec. The structure image 

I, cumulative phase retardation δ, relative optical axis θ were calculated by Eq. (6-1). A 

3×3 (pixel) median filter was applied to the measured H and V components to remove the 

speckle noise prior to applying the proposed algorithm. 

 

 

Figure 6.1. PSOCT imaging of a tendon sample rotated from −10° to 80°. 
(a) An illustration of the sample rotation. (b) Sample images obtained at -
10°, 30°, 70°: intensity I∈ [45dB, 85dB], cumulative retardation δ∈  [0, 
π/2], cumulative axis θ∈  [-π/2, π/2], local retardation κ ∈  [0, 0.5], and 
local axis φ ∈ [-π /2, π /2]. (c) The mean and standard deviation of the 
local retardation κ and optical axis φ  calculated from the region of interest 
(ROI) marked in the box in (b). The size bar in the intensity image 
indicates 0.5 mm. 

 
 

An initial test was conducted to verify the algorithm in a tendon sample with 

uniform fiber orientation. A piece of chicken tendon was slightly stretched and mounted 

so that the sample surface was roughly perpendicular to the incident light. A series of 

PSOCT images were obtained and processed using the aforementioned algorithm while 
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the tendon sample was rotated from around -10° to 80° with a 10° step. The 0° was 

defined as the position when tendon fiber orientation was parallel with the B-scan 

direction (Figure 6.1a). The calculated fast optical axis angle was shifted by 90° to 

display the fibrous orientation which is along the “slow” optical axis.  

Banded patterns appeared in the images of cumulative retardation δ and optical 

axis θ as expected (Figure 6.1b). The images of local retardation δ were relatively 

homogeneous, suggesting a uniform distribution of optical retardation in the sample. The 

calculated images of local optical axis θ were also uniform at each rotation angle, but had 

different values at different angles. For quantitative comparison, the mean and standard 

deviation values of the local retardation and optical axis were calculated for a region of 

interest (ROI) enclosed by the box in Figure 6.1b. As shown in Figure 6.1c, the mean 

local retardation remained stable at different rotation angles. However, the mean local 

axis correctly retrieved the sample orientation. The axis measurements were well fitted 

by a linear regression of y=0.995x−3.6° (R
2
=0.997).   

 

6.3.2 PSOCT Imaging in Samples with Depth-varying Axis 

We next tested the algorithm in a sample with depth-varying optical axis. A 

specimen was constructed by stacking two pieces of chicken tendons at an angle. The 

upper tendon sample was positioned at ~72° and the lower piece was positioned at about 

−13°. 

In the intensity image (Figure 6.2a), the boundary of the two pieces of tendon can 

be vaguely identified. The boundary disappeared in the cumulative retardation (Figure 

6.2b) and optical axis (Figure 6.2c) images that show continuous banded patterns across 
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the boundary. The image of local retardation (Figure 6.2d) has a uniform appearance 

suggesting similar retardation in both tendon pieces. However, the two pieces show a 

distinct contrast in the image of local optical axis (Figure 6.2e), while the axis appears to 

be relatively homogeneous within each piece. The calculated optical axis within the two 

ROIs in Figure 6.2e is 69.5° ± 3.7° in the upper piece and −16.0° ± 6.9° in the lower 

piece; both are consistent with the specimen configuration.  

 

Figure 6.2. PSOCT images of two pieces of tendon samples stacked at an 
angle. (a) intensity; (b) cumulative retardation; (c) cumulative axis; (d) 
local retardation; (e) local axis; (d) distributions of local axis values 
obtained from the two regions of interest (ROI) shown in (e). The size bars 
in (a) indicate 0.5 mm. 
 

Figure 6.3 shows the enface images extracted along the two dotted lines in Figure 

6.2a. Images were filtered by a 5×5 median filter in the enface plane for display. 

Although the two tendon pieces can be discriminated in the structure image, it is difficult 

to discriminate the thin layer of tissue with a different fiber orientation in Figure 6.3f. 

Compared to other images, the local axis images (Figure 6.3e and Figure 6.3j) are the 

most effective in revealing fiber orientation changes at different imaging depths.  
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Figure 6.3. The en-face PSOCT images of the same tendon sample used in 
Figure 6.2. The size bar in (a) indicates 0.5mm. 
 

 
The algorithm was also applied to analyze PSOCT images of a plastic specimen. 

The intensity image (Figure 6.4a) appears to be homogeneous with little structural 

variation. However, the cumulative retardation (Figure 6.4b) shows the typical 

birefringent band structures. The inhomogeneous banded patterns in the cumulative 

optical axis (Figure 6.4c) suggest a varying optical axis which is clearly confirmed in the 

local optical axis (Figure 6.4e). Figure 6.4f−j are the corresponding enface images 

extracted along the two dashed lines in Figure 6.4a. The images of the local axis reveal 

some polarization features that are not discernible in the cumulative results or the 

structural images. For example, the “bow tie” pattern in Figure 6.4j2 suggests a twisted 

optical axis distribution in the enface plane that is gradually formed from a shallow depth 

(Figure 6.4j1) to a deep depth (Figure 6.4j2). 
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Figure 6.4.  PSOCT images of a plastic sample. (a)-(e): cross sectional 
images. (f1)-(j1) and (f2)-(j2) enface images extracted along the upper and 
lower dashed lines in (a), respectively. The size bars shown in the intensity 
images represent 0.5 mm. 

 
 

6.4 Conclusion 

We demonstrated an algorithm that can successfully extract depth-resolved local 

optical axis from conventional PSOCT measurements. Different from the iterative 

method used previously in Jones matrix based OCT systems (Todorovic et al. 2008; 

Kemp et al. 2005a; Makita et al. 2006b, 2010), we used reconstructed local Jones matrix 

(Eq. (5-8)) in the calculation instead of the raw calculated Jones matrix. In addition, the 

local retardation was calculated using PSOCT results obtained in two consecutive layers 

(Fan and Yao 2012c). We believe these modifications helped to control error propagation 

in the calculation process. This proposed method can be applied to existing PSOCT 
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systems that use a single circularly polarized incident light to map local optical axis and 

retardation in birefringent samples with negligible diattenuation. This approach can also 

be extended to Jones matrix based systems as well to completely characterize samples 

with strong optical diattenuation.   
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CHAPTER 7 

MAPPING FIBER ORIENTATION IN HEART MUSCLE 

 

7.1 Introduction 

Fiber organization in cardiac muscle plays a central role in heart functions 

including electrical potential conduction (Taccardi et al. 1994) and force production 

(Streeter et al. 1969; LeGrice et al. 1995). In addition to histology image analysis, several 

methods have been developed to visualize the cardiac muscle fiber organization including 

CT (Dong and Clapworthy 2005), ultrasound (Crosby et al. 2006) and diffusion tensor 

magnetic resonance imaging (DTI) ( Tseng et al. 1999; Hsu and Henriquez  2001). 

However, these imaging modalities usually have low resolution and suffer from low 

imaging speed. Optical coherence tomography (OCT) has also been explored to quantify 

the cardiac fiber orientation (Fleming et al. 2008; Ambrosi et al. 2012). A more advanced 

image processing technique was used to visualize tissue fiber orientation (Goergen et al. 

2012). These studies relay on the intrinsic contrast in OCT structure images and ultrahigh 

resolution images were necessary to identifying fiber structures.  

Fibrous structure is usually associated with optical birefringence which can be 

characterized by optical polarization. Using polarization-sensitive optical coherence 

tomography (PSOCT), Nakaji et al. (2008) derived nerve fiber orientation by measuring 

the extinction angle of linearly backscattered light when rotating the linearly polarized 

incident light. PSOCT was also applied to measure differential retardance which was then 

used to reconstruct the neuron fiber pathways (Wang et al. 2011). 
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In fact, optical axis orientation can be imaged directly from PSOCT. However, 

due to the accumulative measurement in PSOCT, the direct measured optical axis doesn’t 

represent true fiber orientation in samples with depth-varying optical axis (Fan and Yao 

2012b). In order to obtain true depth-resolved local optical axis, we reported a method of 

mapping local axis by using an improved iteration peel-off method in PSOCT using a 

single circular incident light (Fan and Yao 2012c). This method is applicable for imaging 

samples with negligible diattenuation.  

Here we report an algorithm to calculate the complete local polarization 

properties including local retardance, local attenuation, and local axis orientation using a 

Jones matrix OCT (Fan and Yao 2012a). The algorithm was demonstrated to image the 

complex fiber orientation in a bovine cardiac muscle sample. 

 

7.2 Methods 

The Jones matrix PSOCT system used in this study has been described in detail 

elsewhere (Fan and Yao 2012a). The system has a depth resolution of 6.7µm and lateral 

resolution of 15µm. The imaging speed is 52 A-lines/sec. The intensity, cumulative 

retardance, diattenuation and optical axis can be calculated from the measured Jones 

matrix as described in Fan and Yao (2012a).  

To derive depth-resolved local optical properties, the same algorithm reported in 

Fan and Yao (2012c) was extended by replacing the conventional retardance with a 

complex retardance as described below. The sample at depth i is represented using a 

Jones matrix: 

  (7-1) 
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where Λ(γi) is a diagonal complex matrix with complex retardance γi: 
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The δi represents the local retardance and σi represents the diattenuance. R(θi) is the 

standard rotation matrix [cosθi –sinθi; sinθi cosθi] with θi being the local optical axis. The 

single-trip Jones matrix from the sample surface (1st pixel) to the nth pixel in depth is the 

product of a series of linear retarders which is equivalent to a general retarder: 

  (7-3) 

where ρn =κn-iξn is the effective complex retardance with κn and ξn being the effective 

retardance and diattenuance, respectively; φn is the effective optical axis; R(αn)is another 

rotational matrix for the general retarder. The directly measured round-trip Jones matrix 

for the nth layer can be represented as: 

  (7-4) 

where the rotator matrix R(αn) in Eq. (7-3) is cancelled and the effective complex 

retardance is doubled. Please note that the effective complex retardance ρn and the 

effective optical axis φn are directly measured from the Jones matrix PSOCT (Fan and 

Yao 2012a). The local retardance and local diattenuation were obtained using similar 

matrix transform (Fan and Yao 2012c): 
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Because of similar matrix transformation, the eigenvalue λL1 and λL2 of Lr
n+1 is 

identical to that of the local complex retardance matrix Λ(γn). The local retardance and 

local attenuation could be obtained from the real and imaginary components of the 
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eigenvalues respectively. As for the local axis orientation, we used the similar algorithm 

as in Fan and Yao (2012b). Briefly, the round trip cumulative Jones matrices without 

diattenuation for the top n layers were reconstructed by using the measured cumulative 

retardance and axis orientation. The round-trip Jones matrix of the top n layer is: 

         (7-6) 

where Ji represents the local Jones matrix for the ith layer, φn and δn are the measured 

effective axis orientation and cumulative retardance (Fan and Yao 2012c); The local 

Jones matrix of nth layer can be obtained as:  

( ) ( )1 1T T
n n R RTR R( 1) ( ) ( 1)n n n

− −= Π − Π −J J J .                              (7-7) 

The local axis orientation θn is calculated from T
n nJ J  using eigendecomposition. 

The single-trip cumulative Jones matrix ПR(n-1) at depth n-1 is “peeled off” from the 

round-trip Jones matrix measured at depth n. In order to calculate the single trip ПR(n) for 

the next recursive calculation, the local Jones matrix Jn needs to be constructed via Eq. 

(7-3) with optical axis θn and previously obtained local retardance δn. The calculation is 

conducted iteratively from the surface to the nth layer until covering the entire imaging 

depth. Both relative and local axis orientation images are shifted by 90° to represent the 

fiber tract orientation because the fast axis orientation is orthogonal to the fiber 

orientation.  

 

7.3 Results 

The above processing was applied to visualize the myofiber organization in a 
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piece of bovine cardiac muscle sample. Fresh bovine heart was obtained from the meat 

science laboratory at the University of Missouri-Columbia. A piece of tissue 

(2cm×2cm×1cm in length×width×thickness) was dissected from the inner wall of the 

right ventricle. The image scanning area was 8mm×8mm (B-scan×C-scan). The 3D 

image data volume was 1024×2000×300 pixels (A-scan×B-scan×C-scan). The entire 3D 

data acquisition took about 11.5 sec.  

Figure 7.1 shows the conventional PSOCT results and local polarization images 

from transversal planes. The band patterns shown in the retardance δ are caused by the 

phase wrapping. The 90° axis jump in optical axis images are caused by the sign change 

related to phase wrap in retardance. Relative diattenuation is between 0 and 0.5.   

 
Figure 7.1. Example cross-section images of (a) structure, (b) relative 
optical axis, (c) cumulative retardance, and (d) diattenuation. The scale bar 
in (a) represents 0.5mm. The three dashed lines in (a) mark three 
transversal planes used for Figure 7.4. (e-h) are corresponding transversal 
slice of structure, local axis, local retardance and local attenuation images. 
(e) local axis, (f) local retardance, (g) local diattenuation.   

 

3D slices for local axis orientation, local retardance and local diattenuation images 

are extracted from three different planes, i.e. coronal plane (x-y plane), sagittal plane (x-z 

plane), and transversal plane (y-z plane). The plane definition is given in Figure 7.2d. The 

local axis image from the transversal plane basically separates the image into two blocks.  

c b d a 

e f g 
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The left block is oriented at around 70 to 80 degrees. The right block is around -10 to 10 

degrees. Axis orientation in the sagittal plane shows gradual changing axis orientation 

with depth. The local retardance is relatively uniform with values around 0.5°-0.6°/µm. 

The local diattenuation was also uniform with values between 0 and 0.01. 

 

 
 

Figure 7.2. 3D slices of (a) local retardance, (b) local axis, and (c) local 
diattenuation. Each is shown in a coronal plane (x-z plane), a sagittal plane 
(x-y plane), and a transversal plane (y-z plane). The plane definition is 
shown in (d). 

  

Figure 7.3 shows the fiber tractography results at a transversal plane marked with 

a dotted line in Figure 7.1a. The fiber tracts were represented as streamlines with random 

seeds from a predefined grid. There are two groups of fiber bundles in Figure 7.3a. The 

left fiber bundle went from top-left with an angle of around -70° to -80° and the right 

group had a different angle of around -20° to 20°. Three ROIs (1.0mm×1.0mm) were 

chosen and shown as I, II and III in Figure 7.3a.The ROI I shows wavy fiber tracts, which 

z 
y 
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A
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corresponds to the changing muscle fibers. The ROI II is located at the boundary of two 

different fiber bundles. The ROI III shows relatively uniform fiber tract.      

 

 
 

Figure 7.3. Streamline tracing of myofibers. The fiber tracts shown in (b), 
(c), and (d) are magnified from ROIs of I, II, and III. The ROI has a size 
of 1.0mm×1.0mm.  

 
Figure 7.4 shows slice images with fiber streamlines stacking on structure images 

extracted from ROIs of I, II, and III in Figure 7.3a. For each group of a, b and c, three 

slices ware extracted from three different transversal planes at depths of 0.36mm, 

0.46mm, 0.56mm. Three slices cover a total of 200µm in depth. Figure 7.4a shows a 

wavy fiber tract in each transversal plane. The fiber connectivity is smooth while the 

fiber bundles shift from rear to front with increasing depth. Fiber tract runs 

macroscopically from left to right. However, the wavy trend from each layer could be 

clearly discerned. Figure 7.4b shows slices of fiber tract that located at a boundary of two 

fiber bundles shown in ROI II in Figure 7.3a. It can be seen that the boundary of fiber 

bundles shift from right to left with increasing depth. Also, the boundary becomes more 

indistinct with depth. This indicates the left bundle extends to right side at a deep 

position. Figure 7.4c shows slices of the fiber tract corresponding to ROI III in Figure 

7.3a. Uniformly distributed streamlines can be recognized in each slice in Figure 7.4c. 
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Figure 7.4. Streamlines tracing from ROIs I, II, and III at three different 
transversal planes covering a total depth of 200µm. 

 

7.4 Conclusion 

In summary, we developed an algorithm to extract local polarization properties 

including local retardance, local diattenuation and local axis orientation from Jones 

matrix optical coherence tomography measurements. Using eigen-decomposition, the 

diattenuation was decomposed from retardance and axis orientation. Compared with the 

previously reported algorithm (Fan and Yao 2012b), this current image processing 

algorithm is more robust due to the elimination of diattenuation effect. This algorithm 

was applied to process bovine cardiac muscle images. Fiber “tractograph” was generated 

from the local fiber axis orientation images. The obtained fiber tract clearly visualized the 

muscle bundle orientation. 
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CHAPTER 8 

SUMMARY AND FUTURE DIRECTION 

 

In summary, this research can be divided into two parts. In the first part, we 

developed a novel PSOCT system using a single circularly polarized incident light and a 

single spectral camera. The system was further improved to measure the complete sample 

Jones matrix. In the second part, several algorithms were developed to extract sample 

polarization properties. These algorithms can: 1) correct the apparent 90° phase jump in 

optical axis images acquired using conventional PSOCT systems; 2) mapping local 

retardation from cumulative PSOCT measurement; and 3) mapping local optical axis 

from cumulative PSOCT measurements.  

         In chapter 2, a spectral domain polarization-sensitive optical coherence tomography 

(PSOCT) using a single camera was developed. By combining a dual-delay assembly in 

the reference arm and offset B-scan in the sample arm, the orthogonal vertical- and 

horizontal-polarized images were acquired in parallel and spatially separated by a fixed 

distance in the full range image space. The two orthogonal polarization images can be 

recombined to calculate the intensity, retardation and fast-axis images. This system was 

simple to implement and capable of acquiring high-speed in vivo 3D polarization-

sensitive OCT images. 

In chapter 3, we described a simple single-camera based implementation of full-

range spectral domain Jones matrix optical coherence tomography. The Jones matrix 
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reconstruction algorithm was described in detail and system calibration was demonstrated 

with comprehensive examples. In addition to the conventional structural image, the 

images of retardation, optical axis and relative attenuation can be obtained from the 

measured Jones matrix image. Both in vitro and in vivo image examples were presented 

to demonstrate the polarization imaging ability of the system. 

In chapter 4, we developed an algorithm to correct optical-axis calculation in 

PSOCT. Polarization-sensitive detection is often implemented by utilizing a circularly 

polarized incident light and detecting the two orthogonal horizontal- and vertical-

polarized interference components. However, the obtained optical axis images were 

inappropriately represented as depth-dependent periodic maps in all reported studies. A 

detailed analysis confirmed that this misrepresentation was caused by the accumulation 

of optical retardation with depth. A simple method was proposed to numerically correct 

this incorrect optical axis calculation. Experimental studies in tendon tissue demonstrated 

that this method can be applied to map the two dimensional optical axis distribution in 

enface PSOCT images. 

In chapter 5, an algorithm was proposed to extract depth-resolved local 

retardation in birefringent samples from conventional PSOCT that uses one circularly 

polarized incident light. Despite the wide use of such PSOCT systems in characterizing 

birefringent samples, the measured cumulative retardation does not represent the true 

cumulative retardation when optical axis varies with depth. A Jones calculus based 

algorithm was designed to derive the local depth-resolved retardation from conventional 

cumulative PSOCT results. The algorithm was tested in samples with homogeneous 

optical axis as well as samples with depth-dependent optical axis.  
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In chapter 6, we described an algorithm to obtain depth resolved local optical axis 

in birefringent samples by using conventional PSOCT that uses a single circularly 

polarized incident light. The round-trip sample Jones matrices were first constructed from 

the cumulative PSOCT results. An iterative method was then applied to construct the 

depth-resolved local Jones matrix from which the local optical axis was calculated. The 

proposed algorithm was validated in samples with homogeneous axis and with depth-

varying optical axis. Imaging examples were shown to demonstrate the capability of this 

method for extracting correct local axis and revealing features not evident in other images 

In chapter 7, we reported an algorithm to calculate the complete local polarization 

properties including local retardance, local attenuation, and local axis orientation using a 

Jones matrix based polarization-sensitive optical coherence tomography. The algorithm 

was demonstrated to image the complex fiber orientation in a bovine cardiac muscle 

sample. 

The above new development has significantly enhanced the capability of PSOCT. 

Several further improvements are worthy exploring. First is the development of the fiber 

based Jones matrix PSOCT system. Our current system is free space based. A fiber based 

system is more flexible and can facilitate a lot of applications especially in endoscopic 

imaging. Secondly, although initial application of local optical axis in fiber tractography 

has shown its potential and local orientation, its potential application in several areas such 

as cardiac muscle imaging and brain imaging warrants further investigation. 
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