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Abstract 

 

The work presented in this thesis describes the development and applications of optical 

imaging techniques, optical coherence tomography (OCT) and photoacoustic (PA) imaging 

for the purpose of diagnosing and treating diseases which are related to the microcirculation, 

skin conditions and the cardiovascular system.   

 The feasibility of correlation mapping OCT (cmOCT) for in vivo imaging of 

human microcirculation under diseased conditions was demonstrated. The cmOCT technique 

uses standard OCT image acquisition and post processing software based on correlation 

statistics. cmOCT was used for in vivo microcirculation imaging of human forearm under 

normal and psoriatic conditions. The cmOCT technique has been found promising in terms of 

sensitivity and computational time for in vivo microcirculation imaging beneath human skin 

under normal and diseased conditions. The cmOCT generated microcirculation maps of the 

healthy tissue and psoriatic plaque provide adequate resolution in a totally non-invasive 

manner. The presented results indicate that cmOCT allows not only the identification of the 

microvessels, but also produces more detailed microvascular networks showing how the 

blood vessels relate to each other in healthy tissue and within the plaque. The feasibility of 

intra coronary OCT correlation mapping to investigate the role of coronary microvessels in 

human atherosclerosis was also studied.  

 A pre-clinical combined PA and ultrasound (US) imaging system, based on a multi-

element linear-array transducer combined with multichannel collecting system, was 

optimised for human imaging under normal and diseased conditions. In vivo 3D co-registered 

PA/US structural and functional images from different sites within human skin such as 

forearm, breast and carotid were obtained using a range of high frequency transducer probes 

(15 MHz to 40 MHz). The linear-array based PA imaging has been found promising in terms 

of resolution, imaging depth and imaging speed for clinical applications. However, 

significant challenges remain, particularly with the imaging depth. High frequency linear-

array transducer probes used in this study are similar in style, shape and use to regular hand-

held clinical ultrasound probes, which can easily be acoustically coupled to the skin and 

moved around while imaging in real time. We believe that a reflection type probe used in this 



ii 
 

study is most likely to succeed in clinical applications. Its advantages include ease of use, 

speed and familiarity for radiographers and clinicians.  

 Co-registered high frequency PA/US was used in the assessment of mesenchymal 

stem cells (MSCs) induced neovascularization/angiogenesis in vivo. In the first study, 

combined PA and US imaging, operated with 40 MHz frequency linear-array transducer 

probe was used in the assessment of topical human MSCs seeded in Excellagen™ scaffold 

based treatment to a dermal wound on the rabbit ear skin. In the second study, combined PA 

and US imaging, operated with 21 MHz frequency linear-array transducer probe and micro 

computed tomography (μCT) were used in the assessment of reparative ability of 

differentiated MSCs in a rat critical size bone repair defect model. Linear-array based co-

registered PA/US imaging has been found promising in terms of non-invasiveness, 

sensitivity, adaptability, high spatial and temporal resolution at sufficient depths for the 

assessment of MSCs induced neovascularization/angiogenesis in vivo.  

 

 A correlation between fractional flow reserve (FFR), a gold standard in the functional 

assessment of coronary artery stenosis, and intracoronary frequency domain OCT (FD-OCT) 

derived anatomical and blood flow measurements were determined. The diagnostic efficiency 

of FD-OCT derived these measurements in identifying severe coronary stenosis as 

determined by FFR was also determined. Blood flow measurements in coronary artery 

stenosis were derived from the volumetric analysis of the vessel segments imaged by FD-

OCT. We found a weak but significant (p<0.05) correlation between FFR values and FD-

OCT measured anatomical parameters; minimal lumen area (MLA), minimal lumen diameter 

(MLD) and percent area stenosis (%AS) in a study performed on 30 patients. In the overall 

group, the FD-OCT measured MLA and MLD have moderate diagnostic efficiency in 

identifying the severity of stenosis. FD-OCT measured MLA has high efficiency in 

identifying significant stenosis in vessels having reference diameter less than 3 mm. We 

found a good and significant correlation between FFR and FD-OCT derived blood flow 

measurements; stenosis resistance and FFRFD-OCT. The FD-OCT derived stenosis resistance 

and FFRFD-OCT have high diagnostic efficiency in identifying the severity of stenosis. The 

assessment of coronary artery stenosis severity based on FD-OCT derived these 

measurements can overcome many technical limitations of the quantitative coronary 

angiography and intravascular ultrasound and  have potential to become helpful tool in the 

assessment of coronary artery disease.  
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1 Introduction  

 
 

In order to explain the working principles of optical imaging techniques presented in this 

thesis, it is important to understand the fundamental process of light interaction with tissue. 

This chapter gives an explanation of the physical nature of light and its propagation through a 

medium such as tissue. A description of the skin tissue architecture and the blood vessels 

contained with in is also given. A number of examples of imaging techniques aimed at 

providing quantitative and qualitative metrics of morphological and functional information is 

provided. The intrinsic need for optical imaging techniques and their advantages in a clinical 

setting are also discussed. 

 

1.1 The skin 

The skin is a multi-layered complex medium which is constantly being regenerated. It is the 

largest organ of the human body by weight (4.5-5 Kg, ~7% of an adult's total body weight) 

and by surface area (~2 m2) [1]. The main purposes of the skin are to help regulate body 

temperature, to provide a protective barrier and sensory information from the external 

surroundings. The thickness of skin varies from site to site in the body ranging from 0.5 mm 

(eyelids) to 4 mm (heels). On most of the other sites, the thickness is approximately 1-2 mm. 

 Dermatology is the branch of medicine which deals with the skin, hair, nails and the 

treatment and diagnosis of their diseases. The skin conditions and microcirculation can act as 

an indicators of an individual's general health. Diseases of the internal organs and systemic 

infection can manifest themselves as inflammation on the surface of the skin (e.g. measles 

and chickenpox) [1] and the skin diseases manifest themselves through the appearance of age 

spots, warts or pimples. The presence of abnormal or very large blood vessels can be 

attributed to diseases such as Raynaud's disease [2] or psoriasis [3]. The presence of blood 

determines how red the skin appears so analysing the colour of the skin can also be useful. 

There main functions of the skin are; heat regulation, tactile sensation, protection from the 

external environment, absorption of oxygen, carbon dioxide, nitrogen excretion of water, 

salts, carbon dioxide, urea and ammonia and synthesis of Vitamin D [1]. 
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The skin consists of two main layers; epidermis and dermis. A thick outer surface called the 

epidermis and a deeper, thicker layer called the dermis. The epidermis does not normally 

contain any blood vessels and the microcirculation is contained within the dermis. The 

subcutaneous or hypodermis layer beneath the dermis is not part of the skin [1]. The skin is 

attached to the hypodermis by fibres which extend from the dermis. The hypodermis contains 

larger blood vessels and stores fat. The layers of the skin are shown in Figure 1.1. 

                  

Figure. 1.1 Schematic diagram of the human skin structure. Reproduced from [4]. 

 

 1.1.1 Skin structure 

The epidermis is the outermost layer of the skin, ranges from 50 m to 400 m in thickness 

and provides a protective barrier from the external environment. It contains four types of 

cells; melanocytes, keratinocytes, Merkel cells and Langerhans cells [1]. The outermost layer 

of the epidermis is stratum corneum which consists of 25 to 30 layers of dead keratinocytes 

and having a thickness of 10 to 40 m [1]. Each layer of cells overlaps with the next layer to 

form a solid protective barrier. Cells from deeper layers repeatedly sheds and replaces the 

cells in the stratum corneum. Mechanical friction on the surface of the skin results in 

thickening of the stratum corneum (called callus) because of the increase in cell production. 

Although the epidermis does not contain any blood vessels but it does contain nerve terminals 

which give epidermis the function of sensation.  

 Melanocytes cells which constitute approximately 8% of the epidermal cells [1] are 

most relevant to this thesis in the context of optical absorption. The pigment melanin 
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produced by these cells contributes to skin colour. Each melanocyte cell has long, thin arms 

which extend between the keratinocytes and transfers melanin into keratinocytes. The 

melanin then resides on the upper side of each keratinocytes to protect the nucleus of the cell 

from ultra-violet light. There are two types of melanin; eumelanin which has a brown to black 

colour and pheomelanin which has a yellow to brown colour. The rate at which melanin is 

produced by melanocytes is more relevant to how dark the skin is rather than the number of 

melanocytes. An increase in melanin production by exposure to UV light is the process of 

tanning.  

 

 The dermis lies directly beneath the epidermis and composed of connective tissue, 

containing elastic fibres and a mesh of collagen which determine the mechanical properties of 

the skin. The dermis has a thickness of 1-2 mm and contains capillaries, hair follicles, sweat 

glands, lymph nodes and small amounts of nerve cells and muscle. The dermis is composed 

of two main layers; a thicker reticular region and a thin superficial papillary region. The 

thickness of papillary region is approximately one fifth of the thickness of the dermis [1] and 

contains smallest blood vessels; the capillary loops. The reticular region contains blood 

vessels, hair follicles, nerves, sudorifeous (sweat) glands and sebaceous (oil) gland [1]. The 

hypodermis layer lies beneath the dermal layer. It consists mainly of fat cells which act as an 

insulative layer. 

 
1.1.2 Vascular system 

The cardiovascular system is composed of five main types of blood vessels; veins, venules 

capillaries, arteries and arterioles. The schematic of the cardiovascular system is shown in 

Figure 1.2. 

 

Figure. 1.2 Schematic of the cardiovascular system. Reproduced from [5]. 
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The arteries are large vessels which carry blood away from the heart. Each artery divides into 

smaller arteries and each of these in turn divides into arterioles. On entering a tissue, 

arterioles again divide into numerous smaller vessels called capillaries. The very thin walls of 

capillaries allow the transfer of substances between the blood and the tissue through which 

the capillaries are embedded. Capillaries reform into venules, which in turn form into veins, 

which return the blood to heart. The term microcirculation is used to describe the smallest 

blood vessels in the vascular system and consists of capillaries, arterioles and venules. 

 

 Arterioles are contained within the reticular region of the dermis in the skin. 

Arterioles range from 15 m to 300 m in diameter [6] and their function is to regulate the 

blood flow to the capillary network. One of the functions of the microcirculation is to 

regulate the body temperature. The body can control heat transfer to or from the vital organs 

by changing the amount of blood flow to the skin. Arterioles have ability to change their 

diameter. A constriction of the arterioles walls (vasoconstriction) reduces the diameter and 

increases the resistance between the blood and interior walls of arterioles. This increases 

blood flow resistance and reduces the blood volume to capillaries. Conversely, a relaxation of 

the walls of arterioles (vasodilation) causes an increase in diameter and increases the blood 

volume to the capillaries.  

  

 Capillaries are contained within the papillary region of the dermis in the skin. 

Capillaries are the smallest blood vessels and range from 6 m to 10 m in diameter. Their 

function is to link venous and arterial systems together, allowing exchange of carbon dioxide 

and oxygen between blood cells and tissue. Capillary loops are 0.2 mm to 0.4 mm in length in 

most locations of the body and are perpendicular to the surface of the skin [7]. One capillary 

loop supplies blood to approximately 0.04 mm2 to 0.27 mm2 of skin surface [7]. The number 

of capillary loops varies from region to region in the body, depending on the metabolic 

activity of the tissue they serve [6]. Red blood cells have a diameter of 8 m and they are 

forced to pass single-file and to fold over on themselves to pass through the capillaries [6].  

 

 Venules are contained within the reticular region of the dermis in the skin and range 

from 8 m to 100 m. They have thin walls similar to capillaries and their function is to 

exchange nutrients.  They can expand as well in order to accumulate large volumes of blood 

[6].  
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1.2 Motivation for optical imaging techniques                                                          

Non-invasive imaging techniques with high spatial resolution could have great value for 

clinical diagnostics and biomedical research. Ex-vivo tissue is not representative of the 

natural biological environment. Non-invasive in vivo imaging techniques offer obvious 

advantages and provide clinically relevant information without disturbing the normal 

biological environment. The analysis of light interactions with biological tissues provides a 

non-invasive structural and functional optical biopsy [8], both of which are of high 

importance diagnostically and prognostically. This form of biopsy may be put next to 

excisional biopsy which involves the surgical removal of tissues for examination by means of 

chemical analysis or microscopy. 

 Vascular imaging provides the structural information and makes it possible to 

quantify the spacing and number of blood vessels, assess blood flow and permeability [9, 10], 

analyse cellular and molecular abnormalities and vessel wall shear stresses [11]. Many 

techniques have been proposed for the microcirculation imaging and still new techniques are 

emerging. These techniques could greatly improve early detection of the disease and patient 

recovery rate. Figure 1.3 shows the resolution and sampling depth of the various imaging 

techniques. The working principles, suitability (e.g. imaging depth, resolution, etc.), costs 

involved and relative technology of such techniques vary widely [12]. Every technique has 

restrictions or limitations which must be compensated or minimised in order to utilise the 

technique in practical manner. In general microscopic techniques provide the highest 

resolution for ex vivo imaging of preserved tissue specimens, whereas clinical methods 

provide in vivo images of the deep tissue within the body at much lower resolution and 

specificity [13].  

 

 Structural and functional parameters may be explained by fluorescence, confocal and 

multiphoton microscopy techniques. Computed tomography (CT), magnetic resonance 

imaging (MRI), positron emission tomography (PET), ultrasonography and optical imaging 

have been shown to provide non-invasive, functionally relevant angiogenesis images in 

animals and humans [13, 14-18]. Optical imaging techniques promise higher resolution and 

molecular specificity. These techniques are safer, more cost effective and fulfil patient 

comfort during clinical assessment and monitoring.  

 



6 
 

               

Figure. 1.3 Microcirculation imaging domains in terms of resolution and sampling depth. 

MRI: Magnetic Resonance Imaging; CT: Computed  Tomography; PET: Positron Emission 

Tomography; US: ultrasound; DOT: Diffuse Optical Tomography; μCT: Micro CT; PAT: 

Photoacoustic Tomography; LDPI: Laser Doppler Perfusion Imaging; TiVi: Tissue 

Viability; LSPI: Laser Speckle Perfusion Imaging; OCT: Optical Coherence Tomography; 

PAM: Photoacoustic Microscopy; CM: Confocal Microscopy; SRM: Super Resolution 

Microscopy. Adapted from Susan Daly's PhD thesis June 2013, University of Limerick. 

 

1.3 Interaction of light and tissue 

Light is a form of energy which consists of photons and exhibit the characteristics of particles 

and waves. Light may be characterised according to wavelength or frequency when 

considering it as a wave. The human eye can detect wavelengths range from 380 nm to 750 

nm (visible spectrum). The visible spectrum is a small part of a wider electromagnetic 

spectrum which includes gamma rays, cosmic rays, radio waves and microwaves. 

  

The light transportation through tissue can be broken down into several different processes 

reflection, refraction, scattering and absorption. Combining these processes limit the 

penetration depth of light through tissue. The interaction of light with medium through 

reflection, scattering and absorption are shown dramatically in Figure 1.4.  
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Figure. 1.4 The interaction of light with a turbid medium. The light can be reflected, 

absorbed or transmitted. Adapted from Paul McNamara's PhD thesis November 2013, 

University of Limerick. 

 

A mathematical framework such as the radiative transport equation (RTE) can be used to 

provide full decription of light propagation [19]. Refractive index, scattering and absorption 

are the basic properties required to understand light propagation through tissue. Scattering 

and absorption are the main factors that limit light propagation in tissue. Scattering is more 

dominant than absorption in the visible and near infrared (NIR) wavelength range [20].    

 

1.3.1 Refractive index 

When light travels through different mediums, its speed can change. This change in speed is 

measured as the refractive index of the medium. The refractive index of a medium is 

dimensionless constant which is the ratio of the speed of light in a vacuum to the speed of 

light in that medium [21]. The refractive index of the medium (n) is described mathematically 

as, 

                                                                              Eq. (1.1) 

 

where  is the speed of light in a vacuum and  is the  speed of light in the medium. The 

change in direction of propagation of light due to a change in its transmission medium is 

known as refraction. The angle that light is refracted can be determined using Snell's law: 

 

                                   n1 sin1 =n2 sin2                                            Eq. (1.2) 
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where 1 is the angle of incidence, 2 is the angle of refraction and n1 and n2 are the refractive 

indices of medium 1 and medium 2 respectively. The optical path length (Ʌ) travelled in a 

medium is therefore dependent on refractive index and can be calculated by, 

 

           Ʌ = nd                                                 Eq. (1.3) 

 

where d is the geometrical length of the light path. 

 

1.3.2 Absorption 

The deposition of light energy within a medium is the absorption of light and is caused by 

several different mechanisms which include electronic transitions of atoms, rotational and 

vibrational transitions of molecules within the medium. Light absorption limits the 

penetration depth of light into tissue. The absorption of light induces thermal and chemical 

effects and electrical changes within the medium which are used as an advantage in many 

medical treatment and diagnosis applications now a days.  

 

 The Beer Lambert relation can be used to describe the propagation of light through an 

absorbing medium [22]. This law states that when a light with an initial intensity Io falls 

incident upon a homogeneous medium of non-scattering material of thickness t, the  level of 

transmitted light intensity I will be, 

 

                   I(t) = Io exp (-a t)                                                  Eq. (1.4) 

 

where a (cm-1) is the absorption coefficient of the material and is the product of the 

absorption cross section, a (cm2) of an individual absorber and the number of absorbers per 

unit volume (i.e. volume density of the absorbers), a (cm-3) [23]. 

 

a  = a a                                              Eq. (1.5) 

 

he terma is directly proportional to the geometrical cross section, A of the absorber 

through the absorption or quantum efficiency of the absorbing material, Qa [23]. 

Mathematically: 

a = Qa A                                                Eq. (1.6)                      
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The components that absorb light are called chromophores. The major chromophores in skin 

tissue are oxygenated (HbO2) and deoxygenated (Hb) haemoglobin in blood, melanin in skin, 

lipids in skin and water [24]. Each chromophore has its own particular absorption spectrum 

describing the levels of absorption at each individual wavelength. The absorption coefficients  

for many key tissue chromophores are shown in Figure 1.5. 

 

 
 

Figure. 1.5 Optical absorption coefficients for the principle chromophores in tissue in the 

0.1 to 12 μm spectral region. Reprinted with permission from [25]. Copyright 2016 

American Chemical Society. 

 

Examination of absorption coefficients for the various chromophores has shown that the 

lowest absorption accurs at wavelengths range from 600 nm to 1100 nm (visible region and 

near infrared (NIR). Due to lowest absorption in this region, the greatest penetration depth of 

light can be achieved and thus offers an 'optical window' or 'diagnostic window' for humans 

and animals imaging. Most microcirculation imaging techniques use sources in this 

wavelength range due to reduced absorption and high penetration depth. 

 

1.3.3 Scattering 

The deviation of light from a straight path due to interactions with a medium is the scattering 

of light. Scattering occurs when light travels through media of different refractive indices by 

refraction. The are two types of scattering; elastic and inelastic. Elastic scattering involves no 
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energy change, whereas in inelastic scattering light energy is passed on to the medium giving 

rise to some internal process.  

On a microscopic scale examination, tissue can be seen as a closely packed structure of cells 

and fibres through which interstitial liquid penetrates. Each of these structures has its own 

refractive indices. This mismatch of the refractive indices between structures within the tissue 

act as a source of scattering. The main components that contribute towards refractive index 

variations are the cell membrane, cell nuclei, cytoplasmic organelles, melanin granules and 

the connective tissue fibers (either collagen-, elastin, or reticulin forming) that form part of 

non-cellular tissue matrix around and among cells [26]. 

 

 The Beer-Lambert model can be re-used to describe the propagation of light through a 

scattering medium and will have the form,  

 

                 I(t) = Io exp (-s t)                                       Eq. (1.7) 

 

where I represents the unscattered intensity of light after propagation through a medium of 

thickness, t. s (cm-1) is the scattering coefficient and is the product of the scattering cross 

section, s (cm2) of an individual scatterer and the number of scatterers per unit volume (i.e. 

volume density of the scatterers), s (cm-3) [23].  

 

s  = s s                                           Eq. (1.8) 

 

he terms  is directly proportional to the geometrical cross section, A of the scattering 

particle through the scattering efficiency , Qs [23]. Mathematically: 

 
 
s = Qs A                                            Eq. (1.9)                       

 

 The angle that the light is scattered through when describing the propagation of light 

through a scattering medium is described by anisotropy factor, g. The anisotropy factor 

measures the amount of forward direction retained by a photon of light after single scattering 

event. Mathematically: 

 

                                                                g = < cos (θ) >                                     Eq. (1.10)                      



11 
 

 

g is a unit-less number and can have a value between -1 and 1. The value of g approaching -1, 

0 and 1 describe highly backward, isotropic and extremely forward scattering respectively, 

and in biological tissue, the value of g lies between 0.69 to 0.99 [20]. 

 

 It is useful to define reduced scattering coefficient, s
' which combines the scattering 

coefficient and anisotropy into a single variable [27]. Mathematically:  

 

s
' = s (1-g)                                     Eq. (1.11)                       

 

In case of purely forward scattering, g = 1 meaning thats
' = 0 and thus would not lead to 

any attenuation of light by scattering. In case of isotropic scattering (light is evenly scattered 

in all directions), g = 0 meaning that s
' = s. With g = -1 meaning that s

' = 2s, all light is 

back scattered. 

 

 In a turbid medium the propagation of light is affected by both absorption and 

scattering simultaneously. For such a medium we define the transport coefficient t. 

Mathematically:   

 

t = a + s                                        Eq. (1.12) 

 

The fraction of light that has not interacted within the tissue can be determined by using 

Beer-Lambert relation:  

 
       I(t) = Io exp (-t t)                                          Eq. (1.13) 

 
 
Following on from Equation 1.11, the reduced scattering coefficient of the epidermis, s

epi' is 
given as: 
 
 
 
s

epi' = s
epi (1-gepi)                                      Eq. (1.14)                      

 
Since the total scattering for tissue is a combination of both Rayleigh and Mie scattering, the 

total reduced scattering coefficient of the dermis, s
derm' is given by, 
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s
derm'= s

Rayleigh'+ s
Mie'                               Eq. (1.15) 

 
where s

Rayleigh' is the reduced scattering coefficient due to Rayleigh scattering and s
Mie' is 

the reduced scattering coefficient due to Mie scattering. The term  s
Rayleigh' can be 

approximated as s
Rayleigh'= 2 1012 4  by applying spherical Mie theory to the average size, 

number density and refractive index mismatch of collagen fibres in skin [23].  The term  s
Mie' 

can be approximated as s
Mie'= 2 105 1.5 by applying cylindrical Mie theory to the number 

density and average size of collagen fibres in skin [23].   
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2 Review of optical coherence 
tomography and photoacoustic imaging 
for assessment of the microcirculation 

 
 

The microcirculation serves key functions in the body e.g. regulate blood pressure and body 

temperature, exchange nutrients and metabolic waste to body etc. Structural and functional 

changes within the microcirculation have been associated with various diseases including 

cancer, diabetes, psoriasis, capillary malformation and Raynaud's disease [28-31]. 

Microcirculation imaging can provide early indication of disease prior to clinical suspicion 

[32]. The importance of non-invasive imaging techniques to get a better understanding of the 

vascular involvement in such diseases is critical. There are various techniques available for in 

vivo imaging of blood vessels within the human skin. Capillaroscopy and videocapillaroscopy 

techniques are frequently employed [33-35], but these methods are limited to microvascular 

morphology within a very superficial layer. Laser Doppler perfusion imaging (LDPI) and 

dynamic laser speckle perfusion imaging (LSPI) [36-38] are also broadly used for non-

invasive assessment of vascular abnormalities within skin, but these techniques are unable to 

provide microvascular information at a penetration depth which is needed for accurate 

evaluation of disease within skin.  

 Optical coherence tomography (OCT) can be combined with novel flow contrast 

schemes to obtain high resolution microvascular morphology but with limited imaging depth. 

Photoacoustic imaging (PAI) breaks through the optical diffusion limit and can provide 

microvascular information at a high penetration depth with resolution superior to pure optical 

techniques. In this chapter OCT and PAI for assessment of the microcirculation will be 

discussed along with the advantages and disadvantages of both approaches. 

 

2.1 Optical coherence tomography (OCT) 

OCT is a non-invasive, non-contact optical imaging technique that provides high resolution, 

cross sectional tomographic images and is capable of performing real-time and in situ 

imaging with a micron resolution [39,40]. In recent years, OCT has been shown to be capable 
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of detecting structural changes in the tissue layers [41]. OCT performs 'optical biopsy', which 

is non invasive analogue to conventional excisional biopsy [39, 42-45], as this approach is 

non-repeatable and traumatic on a specific skin site. However, the gold standard for micro 

morphological investigation is still histology [46]. The limitation of OCT based techniques is 

that they have low imaging depths within the skin tissue as a result of optical attenuation due 

to scattering and absorption. However, typical imaging depths in the skin tissue are 1-2 mm 

[47]. The original OCT systems were in essence low coherence inferometers. Fercher et al. 

[48] reported the first biological application of  low-coherence interferometry for the 

measurement of axial eye length. Huang et al. [40] demonstrated the first OCT imaging of 

the human retina and human coronary artery in 1991.  

 

2.1.1 Principles of operation 

OCT is analogous to ultrasound, but measures the echo time delay and intensity of 

backscattered or reflected light from internal structure rather than sound waves. The velocity 

of the light (3x108 m/sec) is extremely high  as compared to velocity of sound (1480 m/sec) 

so its echo time delay can not be measured directly using electronics as in case of ultrasound. 

Interferometry or correlation techniques are used to measure the echo time delay of light. One 

of the methods is to use low coherence interferometry which was initially developed to 

measure the reflections in optical fibres [49-51]. 

 Low Coherence interferometry measures the echo time delay and intensity of 

backscattered low coherence light (Figure 2.1) by comparing it to light that has travelled a 

known reference path length and time delay by using a Michelson-type interferometer as 

shown in Figure 2.2. Light from the source is incident onto a beam splitter which splits the 

light into two beams one of the beams is incident onto sample while the other beam travels a 

variable reference path length. The reflected light from the sample is interfered with reflected 

light from the reference arm and detected at the output.  

                                                                

Figure. 2.1 Long and short coherence length light. Reprinted with permission from [39]. 

Long Coherence Length Light Short Coherence Length Light 
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Figure. 2.2 Michelson-type interferometer. 

 

If the two interfering beams are	 	and	 ∆∅,	where ∆∅ is the phase difference between the 

beams then the intensity at the detector is given by: 

	 

                     		 	 	 	 ∆∅	 												                            Eq. (2.1) 

																									 	 	 	 	 	 	∆∅ 	 	∆∅	

			 	 	 	 	 	 2 	∆∅																																																										

 

If the coherent light source is used interference fringes will be observed by varying the 

relative path lengths. However if the low coherence light is used then interference is only 

observed when the sample and reference path lengths match to within the coherence length of 

light. By demodulating the output of the interferometer while scanning the reference path 

length, echo time delay and intensity of the reflected light from the sample can be measured. 

Figure 2.3 shows how cross sectional imaging is performed using OCT. An OCT image is 

built up as a series of adjacent axial depth scans (A-scans). The optical beam is focused into 

the sample to be imaged and the backscattered light is measured to determine an axial 

backscattered intensity profile. Then scanning the optical beam in the transverse direction and 

measuring the axial backscattering profile at many transverse positions results into a two-

dimensional data set (B-scan). This data set represents the optical backscattering through a 

cross section of the tissue and is displayed as a grey scale image. 
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       Beam Splitter 

       Photo Detector 

Light     
Source 
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Figure. 2.3 Measurements of the echo time delay of light at different transverse positions 

to get  two-dimensional data set that represents optical backscattering through a cross 

section of the tissue. Reprinted with permission from [39]. 

 

2.1.2 Axial and lateral resolution of OCT 

The axial and lateral resolutions are decoupled in OCT unlike microscopy. The axial 

resolution is measured by the coherence length of the light which is a product of speed of 

light (3x108 m/sec) and coherence time. Coherence time is the full-width-at-half-maximum of 

the autocorrelation function, G given by equation 2.2. A source with large bandwidth has a 

low coherence time.  The axial resolution, Δz, of OCT is given by equation 2.3 [52], 

 

                                                       	
∞

∞
	                     Eq. (2.2) 

	

															 	
. 	 	                                       Eq. (2.3) 

 

 

where  is the full-width-at-half-maximum of the power spectrum and  is the source 

centre wavelength. The axial resolution is inversely proportional to the bandwidth of the light 

source so high resolution can be achieved by using broad bandwidth sources.  

 

 

Transverse Scanning 

 

Backscattered Intensity 

 

Axial Position 
(Depth) 

 

Two Dimensional Grey Scale Image  
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The lateral resolution, Δx, of the OCT system is given by equation 2.4 which is determined by 

the focused spot size as in conventional microscopy [52],  

 

					 	 																																																		 Eq. (2.4) 

 

where d and f are the spot size and the focal length of the objective lens respectively. As the 

transverse resolution is inversely proportional to the spot size so high transverse resolution 

can be obtained by focusing the beam to a small spot size and using a large numerical 

aperture. The lateral resolution is also related to the depth of focus, b which is given by 

equation 2.5. 

 

																																																							 	 																																																				Eq.(2.5) 

 

The signal to noise ratio (SNR) of the detection is given by equation 2.6 [52], 

 

												SNR	 	10log	 ηP/2hν	NEB                                 Eq. (2.6) 

 

where η is the detector quantum efficiency, P is the detected power, NEB is the noise 

equivalent bandwidth of the detection, and hν is the energy of the photon. 

 

2.1.3 Time domain and frequency domain OCT 

There are two main categories of OCT systems: time domain OCT (TD-OCT) systems and 

frequency domain OCT (FD-OCT) systems. The schematic diagram of TD-OCT system is 

shown in Figure 2.4. A broadband light source with low coherence length is used as an input 

to the interferometer. The depth information (axial scan) is obtained by moving reference 

mirror to change the reference path length and matching the multiple optical paths due to 

reflections within the sample. 
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Fig. 2.4 Schematic diagram of time domain OCT system. 

 

Moving a reference mirror mechanically as in a TD-OCT system to get the depth profile is 

slow and the main disadvantage of this system. This system has limited sensitivity due to 

mechanical instabilities of the moving element [42,53]. 

  

 FD-OCT systems use no moving mirror and detect all the frequencies in parallel so 

they are faster [54]. FD-OCT systems provide faster image acquisition speeds, greater scan 

depths without loss of resolution. FD-OCT systems result in less noise because each 

measurement contains more information i.e. on all back scatterers simultaneously. There are 

two types of FD-OCT systems, spectral domain OCT (SD-OCT) systems [55] and swept 

source OCT (SS-OCT) systems [56], that differ in their method of extracting data from the 

interferometer. The schematic diagram of SD-OCT system is shown in Figure 2.5. A 

broadband light source with low coherence length is used as an input to the interferometer. 

No moving mirror is required in SD-OCT. The depth information is obtained by using a 

spectrometer which measures the spectral density in the detection arm of the interferometer.  

 

 

 

 

 

 

Broadband 
Light Source 

Sample 

       Photo Detector 
       Beam Splitter 

Moving Reference Mirror 

Band Pass 
Filter

Display 



19 
 

 

 

 

 

 

 

 

 

 
 

Figure. 2.5 Schematic diagram of spectral domain OCT system. 

 

The schematic diagram of SS-OCT system is shown in Figure 2.6. A wavelength swept 

(tunable, narrow line-width) laser is used as an input to the interferometer. No moving mirror 

is required in SS-OCT like SD-OCT. SS-OCT systems are compact than SD-OCT systems as 

they do not require bulky spectrometers.  

 
 

 

 

 

 

 

 

 

 
 
 

Figure. 2.6 Schematic diagram of swept source OCT system. 

 

The axial and lateral resolution in FD-OCT is dependent on the same parameters as in TD-

OCT [42]. FD-OCT has a large sensitivity advantage over TD-OCT [54,57]. In FD-OCT, a 

constant spot size over the depth is not possible because the focus position in the sample 

remains stationary during axial depth scan. This results in a depth-dependent sensitivity loss 
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[53]. This problem can be addressed by scanning a set of beams across the sample 

simultaneously [58].   

 

2.1.4 Selection of light source for OCT 

The design of any OCT system depends on the method used and its area of application. The 

selection of light source is perhaps the most important factor in designing any OCT system. 

The light source should address wavelength, spectral bandwidth, stability and intensity. Due 

to the wavelength dependence of the scattering and absorption properties of the sample, the 

penetration depth of OCT is set by the wavelength of the light source. The spectral bandwidth 

determines the axial resolution of the system. Hence, a broadband and high intensity light 

source is preferable to achieve a good SNR  with detector being used. However, the intensity 

of the light source should not be so high as to damage the biological sample. 

 Super luminescent diodes (SLD) are the most commonly used OCT light sources [42] 

as they are cheap, cover wavelength ranges from 675 nm to 1600 nm, and can have output 

powers up to 60 mW. In comparison to other light sources, the output power of SLD is 

relatively low which slows down extremely fast scanning. Photonic crystal light sources have 

enabled sub-micron resolution [59] and short pulse femtosecond solid state lasers have 

enabled ultra-high resolution OCT (~1m) [60]. A list of commonly used OCT light sources 

is shown in Table 2.1. 

 

Table 2.1. List of commonly used OCT light sources. 

Source (nm) (nm) lc (μm) Power (mW) Reference 

 
 

Super luminescent diode (SLD) 

675 8 25 5  
Superlum 

Diodes Ltd. 
(2012) 

 

820 62 6 25 
940 100 3.9 10 
1300 60 12 10 
1500 70 15 2 

 
Photonic crystal fibre 

 
725 

 
370 

 
0.75 

 
27 

Povazay et al. 
(2002) [59] 

 
Nd: Glass Laser 

 
1000 

 
139 

 
3 

 
145 

Bourquin et al. 
(2003) [61] 

 
Ti: Sapphire Laser 

 

 
810 

 
260 

 
1.5 

 
400 

Drexler et al. 
(1999) [60] 

 
800 

 
35 

 
8 

 
300 

Kray et al. 
(2008) [53] 
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2.1.5 Applications of OCT 

OCT was initially used for ophthalmic imaging and is still the main clinical application 

[62,63]. Endoscopic OCT allows in vivo imaging of the internal body and has proven very 

useful for cardiovascular imaging. Some OCT techniques can easily be combined with 

medical diagnostic instruments using fibre optics [39]. Small enough diameter endoscopes 

have been created to allow human intracoronary imaging [64,65]. Studies of human mucosa 

in respiratory, gastrointestinal, urinary and genital tracts were also performed by Sergeev et 

al. [66]. Intravascular catheters consist of single mode optical fibre enclosed in a hollow 

rotating torque cable and are now commercially available [65]. OCT is easily combined with 

surgical microscopes which allow assistance during microsurgical procedures [39,67]. Mason 

et al. and Spöler et al. assessed the quality of engineered tissues and organs before surgical 

implantation using OCT [68,69]. Larin et al. demonstrated that blood glucose levels in 

humans can be monitored non-invasively using OCT [70]. OCT images have been compared 

with conventional histological samples by Boppart et al. [71] and more recently the 

developmental morphology and physiology of the tissue microstructure over a period of time 

have also been studied [72]. Other applications of OCT in the field of biomedicine include 

urology, dentistry, pulmonary medicine, gynaecology and laryngology [39]. 

 The application of OCT to the area of dermatology and microcirculation imaging is 

most relevant to this thesis. OCT has been proven useful for visualizing the dermo-epidermal 

junction, subsurface structures of the normal skin, blood vessels, sweat ducts, hair and 

follicles [46]. OCT has been applied to many dermatological applications such as monitoring 

and diagnosing skin diseases, cosmetology, assessment of sun damage, tumour diagnosis and 

skin function test [39]. The thickening of the epidermal layer in skin tissue due to UVA and 

UVB exposure was investigated by Gambichler et al [73]. Korde et al. demonstrated that 

OCT has the potential to assess skin sun damage and precancerous tissue [74]. Olmedo et al. 

examined the depth of basal cell carcinoma using a commercial OCT system and compared 

the results with standard histological measurements [43]. The effects of different wavelengths 

and resolution in identifying tumour features and boundaries in basal cell carcinoma were 

investigated by Khandwala et al. [44]. The first systematic OCT investigation of malignant 

melanoma was performed by Gambichler et al. [75].  Morsy et al. showed that OCT can be 

used in the assessment of psoriasis through measurement of epidermal thickness in vivo [76]. 

de Boer et al. used a polarization-sensitive OCT to determine burn wound depth and showed 

the reduced birefringence in thermally damaged porcine tendon and skin [77].  Salvini et al. 
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analysed vascular lesions with OCT and found that it can be useful in choosing the most 

suitable treatment [78]. 

 

2.1.6 OCT for microcirculation imaging 

Standard OCT lacks functional information from within the tissue, as this technique is purely 

based on back reflectance of light from within the tissue. Several techniques have been 

developed to extend OCT for assessment of the microcirculation by adding various flow 

contrast schemes. The techniques for detection of flow are most relevant to this thesis and 

will be discussed here. These techniques include Doppler OCT (DOCT), speckle variance 

OCT (SV-OCT) and optical microangiogaphy (OMAG). 

 
 
2.1.6.1 Doppler OCT (DOCT) 

DOCT allows flow characterization using OCT [79]. This technique is based on the Doppler 

shift caused by moving scatterers within the tissue. DOCT performs structural and flow 

imaging simultaneously by combining Doppler principle and coherence gating. Scanning the 

reference mirror of an OCT system at a velocity v, produces a Doppler signal at a frequency 

fD = 2v/λo; the dynamic elements of the tissue moving with velocity vs will also produce a 

Doppler signal, fDs. Hence the DOCT signal will be proportional to [80], 

 

																																																							A t cos 2π fD	‐	fDs t	 Ф t                                Eq. (2.7)                       

 

where A(t) is the reflectivity and Ф(t) is the phase shift defined by the scatterer position. As 

OCT is able to resolve structures in depth, blood flow can be characterised by simply 

measuring the frequency shift of moving particles in a defined vessel.   

 The initial DOCT system was based on a TD-OCT system [79] which allowed high-

velocity sensitivity imaging of the fluid flow. The DOCT technique was later demonstrated in 

FD-OCT system [81] which allowed in vivo blood flow dynamics and tissue structures with 

high spatial resolution in biological systems [82]. The blood flow in a human retina was 

imaged using DOCT [83]. 3D structural information on blood flow in the retina can be used 
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in diagnosis and monitoring of  many eye diseases. Figures 2.7a and b show DOCT images of 

human oesophagi from different patients [84]. Figure 2.7b shows high velocity flow in a 

small vessel which is reported to be a small artery (A) and the adjacent larger vessel is 

reported to be a vein (V). Figure 2.8 shows composite mosaic of the choroidal vasculature 

obtained using dual beam scan DOCT [85].   

 

Figure. 2.7 (a, b) Endoscopic DOCT images of normal human oesophagi from different 

patients. Reprinted with permission from [84]. Copyright 2016 Optical Society of 

America. 

 

                                      

Figure. 2.8 Composite mosaic of the choroidal vasculature obtained using dual beam 

scan DOCT (scale bar =1 mm). Reprinted with permission from [85]. Copyright 2016 

Optical Society of America. 

The greatest limitation of DOCT is the angular dependence of Doppler scattering due to 

which it is not possible to detect flow transversely orientated to the probing beam. DOCT 

cannot produce complete maps of microcirculation because blood vessels within the tissue 

are oriented at different angles and can be complex in shape. The technique is also quite 

(b) (a) 
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sensitive to any bulk motion of the sample which shows up as a Doppler shift in the final 

signal. This can limit the technique’s suitability for in vivo applications. 

 

2.1.6.2 Speckle variance OCT (SV-OCT) 

SV-OCT is based on the change in speckle pattern caused by moving scatterers from the 

structural OCT signal. The SV-OCT signal is determined by calculating variance of the signal 

intensity using either a temporal window [86] or spatial window [87]. The interframe speckle 

variance (SVijk) images of structural image of the OCT intensity (Iijk) may be calculated as, 

                                                                            

                                           	 	 	∑ 	 	̅ 																																										  Eq. (2.8)          

 

where N is the number of B-mode frames SV is calculated across; i, j and k are the slice, 

lateral and depth indices of the images respectively; and  ̅is the average over the same set of 

pixels.  

 SV-OCT has been used for tumor microvascular imaging with high frequency 

ultrasound [88]. High resolution microcirculation imaging for small animal has been 

demonstrated [86]. The results (Figure 2.9) show that SV-OCT is capable of producing 

vasculature maps with same image quality as the confocal image.  

 

 
Figure. 2.9 (a) Dorsal skin fold window chamber model. (b) White light microscopy of 

entire window. The white box represents the approximate location of confocal and OCT 

imaging. (c) Maximum intensity projection image of fluorescence confocal z stack 

obtained using 500 kD fluorescein labelled dextran (1.8 x 1.8 mm). (d) SV-OCT en face 

projection image of vasculature without the use of any external contrast agents. 

Reprinted with permission from [86]. Copyright 2016 Optical Society of America.  
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To date, limited in vivo human imaging has been demonstrated using SV-OCT due to the 

limitation of sample stabilization. Mariampillai et al. demonstrated 2D in vivo imaging of 

human nail root [89]. They used spatial window of 2 frames to reduce the effect of bulk tissue 

movement, a sample of this is shown in Figure 2.10. 

 

Figure. 2.10 In vivo imaging in a high bulk tissue motion situation: (a) OCT structural 

image of  human nail root with SV data overlay; (b) OCT structural image from the same 

location with color Doppler image overlay (FOV: 2x2 mm2, scale bar = 500 μm). 

Reprinted with permission from [89]. Copyright 2016 Optical Society of America.  

 

SV-OCT has been used: in the analysis of developing embryonic mammalian environment 

[90]; with spectroscopic OCT for blood oxygen saturation analysis of the chorioallantoic 

membrane [91]; and in the dynamic monitoring of antivascular treatment effects [92]. 

 

 SV-OCT is not angle dependent like DOCT and only requires structural information, 

however, has associated limitations. SV-OCT suffers from multiple scattering induced 

artifacts and interframe bulk tissue motion which leads to spurious values of artificial contrast 

wrongly indicating the presence of vessels beneath real blood vessels. Small animals can be 

fixed in place and thus do not move when imaged but this is difficult to perform when 

translated to human imaging. Another issue with SV-OCT is that the calculated variance is on 

the range of ±∞ and depends on the chosen window size. Thus, variance itself does not 

directly indicate flow and a priori structural knowledge is required  to separate static and 

dynamic regions.  

 

2.1.6.3 Optical microangiogaphy (OMAG) 

OMAG is a recently developed technique to enable microcirculation imaging [93]. The 

technique relies on endogenous contrast which effectively separates the moving and static 
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scattering components of the tissue to achieve 3D high resolution blood flow images. The 

technique has been demonstrated in the non-invasive assessment of cerebral microcirculation 

in mice [93-95];  the retina and choroid [96-98]; cutaneous skin assessments [99]; sentinel 

lymph node [100]; cochlea[101]; and in the diagnosis of renal pathologies [102]. 

 

 The OMAG technique has undergone several iterations. The first generation OMAG 

technique was an extension on the concept of DOCT and has its origin in FD-OCT. In this 

technique, the moving and static scatterers were separated by modulating the acquired 

spectrogram with a constant frequency. This modulation was achieved by mounting the 

mirror in the refernce arm on a piezo-stage which is modulated by a sawtooth waveform. A 

schematic of a typical OMAG system is shown in Figure 2.11. Figure 2.12 shows in vivo 

OMAG image of an adult mouse brain with the skull intact for a volume of 2.2 x 2.2 x 1.7 

mm3. 

 

Figure. 2.11 Schematic of a typical OMAG system. Reprinted with permission from [93]. 

Copyright 2016 Optical Society of America.  

 

 

Figure. 2.12. In vivo OMAG image of an adult mouse brain with the skull intact for 

a volume of 2.2 x 2.2 x 1.7 mm3 . Reprinted with permission from [93]. Copyright 

2016 Optical Society of America. 
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In first generation OMAG, a precise synchronization of refernce arm modulation and B-scan 

is required which needs expensive or bulky modulators and it is not possible to detect bi 

directional flow in a single B-scan. To overcome these drawbacks, a modified second 

generation OMAG technique was developed [103]. In this method, the spatial frequency 

content across a single B-scan is used to obtain volumetric perfusion map with directional 

information. The second generation OMAG is applicable for both SD-OCT and SS-OCT 

systems, provided they have comparable B-scan acquisition rates. A further advancement of 

the OMAG technique came in the form of hybrid method termed Doppler OMAG (DOMAG) 

[94]. This method includes the advantages of both OMAG and the phase-resolved OCT 

methods and enables velocity measurements. DOMAG offers much greater SNR and allows 

the system to visualize more features compared to standard DOCT. Recently, a new 

processing technique termed ultra-high sensitive OMAG (UHS-OMAG), which applies 

OMAG algorithm between adjacent B-scans, has enhanced the flow sensitivity and enabled 

in vivo microcirculation imaging for human skin [99]. A sample of results obtained using 

UHS-OMAG is shown in Figure 2.13. 

 

 
Figure. 2.13. Detailed projection views of microcirculation network at different depths of 

skin obtained using UHS-OMAG: (A) 400- 450 μm (closely representing papillary 

dermis); (B) 450- 650 μm; (C) 650- 780 μm (closely representing reticular dermis) and 

(D) 780-1100 μm (part of hypodermis), respectively. The strength of reflectance signals 

in the images is displayed within a range between 20 dB (dark) and 50 dB (bright). 

Reprinted with permission from [99]. Copyright 2016 Optical Society of America. 
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Overall OMAG is a powerful technique for microcirculation imaging. However, the 

extensive post processing and computational effort involved in OMAG, which requires up to 

35 minutes to process a single 3D volume [93] limits its suitability for clinical applications. 

 

2.2 Photoacoustic imaging  

Photoacoustic imaging (PAI), also called optoacoustic imaging, is an emerging biomedical 

imaging technique that exploits laser generated ultrasound (US) waves to generate 3D images 

of soft tissues. PAI is a hybrid imaging modality that combines the high-contrast and 

spectroscopic-based specificity of optical imaging with the high spatial resolution of US 

imaging [104]. In PAI, contrast depends on the optical properties of the tissue specifically 

optical absorption  unlike ultrasound in which contrast depends on the mechanical and elastic 

properties of the tissue. PAI provides an integrated platform for structural imaging such as 

microvasculature and functional information such as blood oxygenation, blood flow  and 

temperature. PAI can create multi-scale multi-contrast images of living biological structures 

ranging from subcellular organelles to organs, an important application in multi-scale systems 

biology research [105]. 

 

2.2.1 Principles of photoacoustic imaging 

PAI is based on the principles of photoacoustic effect, first described by Alexander Graham 

Bell in 1880 [106]. In essence, the PA technique measures the conversion of electromagnetic 

energy into acoustic pressure waves [107]. In PAI, tissue is typically exposed to pulsed 

nanosecond laser light, resulting in localized heating of the tissue due to optical absorption. 

The increase in temperature of few degrees milliKelvin causes transient thermoelastic tissue 

expansion; this expansion generates broadband (MHz) pressure waves [108].  

 

The initial pressure, p0, at a point r generated by an optical absorber, is proportional to the 

absorbed optical energy H(r), 

 

																																																																			p0	 r 	 			Г	H r   	                                   Eq.(2.9)                         

                                                                

where Г is known as the Grüneisen coefficient [109], a dimensionless thermodynamic 

constant that provides a measure of the conversion efficiency of heat energy to pressure and 
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is given by Г=βc2/Cp where β is the volume thermal expansivity, c the speed of sound and Cp 

the specific heat capacity at constant pressure. The absorbed optical energy distribution H(r) 

is given by the product of the local absorption coefficient μa(r) and the optical fluence Ф (r; 

μa, μs, g) where μa and μs are the absorption and scattering coefficients over the illuminated 

tissue volume and g is the anisotropy factor. Writing p0 explicitly, we obtain;  

 

 

																																																											p0	 r 	 			Г	μa r Ф r;	μa,	μs,	g                              Eq.(2.10)                       

 

 

The generated pressure waves are then detected using wideband transducers and further 

converted into images. The main components of a PAI system include: pulsed laser, 

ultrasound transducer, ultrasound pulser and receiver, computer and display [110]. Figure 

2.14 shows mechanism of PA signal generation. 

 

 

Figure. 2.14 The main components of a PAI system and the mechanism of PA signal 

generation. 

PAI is an optical absorption based technique, with contrast mechanism based on the 

differences in optical absorption properties of the tissue components. PAI is suited for 

imaging structures with high optical absorption such as blood vessels [111-113]. In PAI, 

optical wavelengths in the visible and near-infrared (NIR) part of the spectrum between 550 
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and 900 nm are mostly used [104]. The light from NIR spectral range 600-900 nm  is used to 

obtain sufficient tissue penetration depth because of the lowest light absorbance in the tissue 

components such as melanin, oxy- and deoxyhaemoglobin, lipid and water at these 

wavelengths. Light can penetrate up to several centimeters into biological tissue at these 

wavelengths while remaining under the safe laser exposure limits for human skin [114,115]. 

In PAI, image contrast is dominated by strong optical absorption of haemoglobin therefore 

vasculature and functional network maps of haemoglobin oxygen saturation (sO2) in the 

vasculature can be imaged effectively. If an isosbestic point is selected for imaging, the PA 

signal represents the total haemoglobin concentration (HbT), irrespective of oxygenation. The 

key advantages of the PAI technique over other imaging modalities include: 

 breaks through the optical diffusion limit [105] and provides real time images with 

relatively high spatial resolution, without ionizing radiation being involved; 

 greater specificity than conventional US with the ability to detect haemoglobin, lipids, 

water and other light absorbing chromophores, but with higher penetration depth than 

pure optical imaging techniques that rely on ballistic photons [104]; 

 the ability to provide tissue information using an endogenous contrast alone [116]; 

 the imaging of optical absorption with 100% sensitivity, which is two times greater 

than those OCT and confocal microscopy. The sensitivity is defined here as the ratio 

of the fractional change in the PA signal to the fractional change in the optical 

absorption coefficient;  

 unlike ultrasonography and OCT it is speckle-free. The speckle free characteristic of 

PAI results directly from the optical absorption contrast. On laser excitation all optical 

absorbers expand, and therefore all initial pressure rises are positive, which produces 

strong correlations among the PA waves from the absorbers.  As a result, prominent 

boundaries always build up in PA images and suppress the interior speckle [117].  

 provides inherently background free detection.   

 

2.2.2 Photoacoustic image contrast 

PAI can be performed either by (1) relying on intrinsic tissue contrast alone (e.g. mapping 

endogenous chromophores) or by (2) using exogenous molecular imaging agents. Body 

tissues contain a variety of endogenous chromophores that can generate PA signal. The main 

sources of endogenous contrast in PAI are melanin, oxyhaemoglobin (HbO2), 

deoxyhaemoglobin (Hb) and lipids. These endogenous chromophores have different 
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absorption spectra and depending on the wavelength they may have strong absorption 

coefficients as compared to other tissue components. PAI has been used in various 

applications where endogenous chromophores are present such as vasculature and melanoma 

imaging [112,113,118-122]. Multi wavelength PAI, referred to as spectroscopic PAI, makes 

it possible to measure distributions of the chromophores  [120,122,123]. The two key 

advantages of using endogenous chromophores in biomedical imaging are: they are 

inherently biologically safe; they provide physiological changes, such as sO2 and vascular 

blood volume in the body [122,124,125] which helps in differentiating between pathological 

tissue and normal tissue.  

 

 Sometimes exogenous molecular agents are used to enhance the contrast because 

some tissue components have very similar absorption spectra within the NIR range. 

Moreover, exogenous contrast agents can potentially provide deeper tissue imaging. 

Exogenous contrast agents have been used in many PAI applications [126-129]. PA signal 

can be increased by using exogenous contrast agents with large optical absorption at desired 

wavelength [130-132]. Imaging contrast and depth can be increased by turning the optical 

absorption of these exogenous contrast agents to fall in the 'optical window' where tissue 

components have minimal absorption [133-136]. PAI can be used to visualize events at the 

cellular and molecular levels by utilizing small enough contrast agents such as nanoparticles 

[137-145]. 

 

2.2.3 Penetration depth and spatial resolution 

In PAI, penetration depth is limited ultimately by optical and acoustic attenuations. In 

general, for most tissues, although acoustic attenuation is significant, it is optical attenuation 

that dominates. The optical penetration depth is best characterized by the effective extinction 

coefficient, μeff	, obtained from the diffusion theory [105,146], 

																																																																μeff	=	(3μa	(μa	+	s
'))1/2                                Eq.(2.11)                       

	

where μa and s
' are the absorption and reduced scattering coefficient of the tissue 

respectively. In homogeneous scattering media, at depths greater than 1mm (beyond several 

transport mean free paths), the light diffuses and the irradiance decays exponentially with the 

exponential constant equal to μeff.	The penetration depth, 1/μeff, is therefore the depth at which 
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the irradiance has decreased by 1/e . The penetration depth is strongly wavelength dependent 

and may reach to several centimetres in NIR region [114,115].  

 

 The axial resolution is inversely proportional to the frequency bandwidth (Δf) of the 

transducer [147,148]. The lateral resolution is dependent on numerical aperture (NA) and the 

center frequency (fo) of the transducer. Therefore, greater spatial resolution can be achieved 

using a transducer with large NA, higher fo and higher Δf. As both Δf and fo are inversely 

proportional to the desired imaging depth, the axial and lateral resolutions are proportional to 

the imaging depth. Overall, spatial resolution of PAI decreases as imaging depth increases. 

The ratio of the imaging depth to the best spatial resolution is roughly a constant of 200 

[149]. The optimal trade off between imaging depth and spatial resolution depends on the 

application. Although the ultimate resolution limit is defined by acoustic attenuation but other 

factors such as element size, detector bandwidth and aperture can be limiting factors in 

practice. 

 

2.2.4 Photoacoustic imaging configurations                                                                            

A variety of PAI systems have been developed, based on various scanning configurations and 

reconstruction algorithms, to get the optimal resolution, imaging depth and contrast. PAI can 

be classified according to system attributes as shown in Figure 2.15. These attributes include 

methods of image formation, spatial resolution, number of ultrasonic transducer elements, 

image contrast, probe size and image dimensions [150]. PAI has three major implementation 

schemes. The first one is PA microscopy (PAM) based on 2D raster scanning of the optical 

beam. PAM can be further divided into optical resolution PAM (OR-PAM) [151-156] and 

acoustic resolution PAM (AR-PAM)  [157-161]. The second form is PA tomography (PAT) 

based on either: circular scanning single element ultrasonic transducer [124,162-164]; 1D 

linear or curved ultrasound array [165-177]; a 2D optical interferometry based acoustic 

sensor [178-183]; or other multiple detector configurations, where image is formed by using a 

software or hardware based reconstruction algorithm. The third form is PA endoscopy [184-

189]. 
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Figure. 2.15 Classification of PAI based on different system attributes. Adapted with 

permission from [150]. 

 

 

2.2.4.1 Photoacoustic microscopy (PAM) 

 

In PAM, optical excitation and ultrasonic detection are confocally focused to maximize 

sensitivity. A 1D depth resolved image is produced by each laser pulse without mechanical 

scanning and a 3D image is obtained by 2D transverse scanning. In OR-PAM (Figure 2.16a), 

optical excitation in the tissue is implemented by focussing the laser beam through a 

microscope objective to a diffraction limited spot. A concave lens is used into the bottom of 

rhomboid prism to focus acoustic detection. OR-PAM provides lateral resolution ranging 

from few hundred nanometres to a few micrometers but the imaging depth is limited by 

optical diffusion to ~1.2 mm. Figure 2.16b shows in vivo label-free functional images of the 

sO2 in mouse ear vessels down to single capillaries obtained using OR-PAM [190]. In AR-

PAM (Figure 2.16c), optical excitation in the tissue is employed through dark-field 

illumination. The AR-PAM achieves lateral resolution of tens of micrometers at depths 

beyond the optical diffusion limit up to few millimetres. Figure 2.16d shows in vivo images 
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of the cutaneous microvasculature within human forearm skin acquired using AR-PAM 

[191]. 

 

      

 

                          

Figure. 2.16 (a) Schematic of optical resolution (OR)-PAM. (b) OR-PAM of sO2 in a mouse 

ear. Reprinted with permission from [190]. Copyright 2016 Optical Society of America. 

(c) Schematic of acoustic resolution (AR)-PAM. (d) AR-PAM of normalized total 

haemoglobin concentration in a human palm. Reprinted with permission from [191].  

 

 

2.2.4.2 Photoacoustic tomography (PAT) 

In conventional PAT, an entire region of interest is excited using full field illumination and 

the PA waves are simultaneously detected either using single ultrasound detector or an array 

(a) 
(b)

(c) 

(d)
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of detectors. Ultrasonic array detectors are used for PAT to accelerate the data acquisition. 

An expanded optical beam is used to excite the entire region of interest and the PA waves are 

simultaneously detected using ultrasonic array of detectors. Then an inverse algorithm is used 

to obtain high resolution image [192-195]. Figure 2.17 shows three commonly used detection 

geometries: spherical, cylindrical and planar. 

         

Figure. 2.17 PAT detection geometries: (A) Spherical, (B) cylindrical, and (C) planar. 

 

In spherical or cylindrical detection geometries, region of interest is surrounded by the array 

and the photoacoustic waves are detected along all in-plane directions as shown in Figure 

2.18a. High quality images are obtained using full view detection without missing boundaries 

[196]. These detection geometries are used to image round objects such as the brain, breast, a 

peripheral joint, and even the whole body of a small animal such as mice. The cerebral 

vascular response to one-sided whisker simulation in a rat through whole intact scalp and 

skull was imaged using perhaps the simplest 1D cylindrical scanner for 2D cross sectional 

imaging (see Figure 2.18b) [124].  

 

 Although PAT scanners based on spherical and cylindrical detection geometries offer 

large angular aperture for data collection and an accurate image reconstruction but they are 

not well suited for imaging highly superficial features such as the skin microvasculature 

[104]. Moreover, the commonly used single element PAI systems cannot satisfy the 

requirement of real time data acquisition and imaging, which is a prerequisite in the clinical 

scenario. Planar detection geometries are more adaptable providing access to a greater range 

of anatomical targets, especially those superficially located. In linear-array PAT (Figure 

2.18c), the pulsed laser beam delivered via a multimodal optical fiber is bifurcated to flank 

the handheld ultrasonic array for dark field optical illumination as in AR-PAM. Figure 2.18d 

shows in vivo functional images of Methylene Blue-labelled sentinel lymph nodes (SLN) in a 

rat [197]. PAI systems based on a linear-array transducer detect PA waves from limited 

angles around the objects. Although this partial view detection results in an image quality that 
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is inferior to these systems allow images to be acquired with just a few laser pulses and 

provide much higher frame rates which make them more suitable for clinical applications. 

Linear-array based PAI systems can be combined with already existing clinical ultrasound 

systems for simultaneous PA and US imaging. 

 

                          

 

 

                              
 

Figure. 2.18 (a) Schematic of circular-array PAT. (b) Circular-array (1D cylindrical 

scanner) PAT of cerebral hemodynamic changes, ∆[haemoglobin], in response to one-

sided whisker stimulation in a rat. Reprinted with permission from [124]. (c) Schematic 

of linear-array PAT. (d) Linear-array PAT of normalized Methylene Blue concentration, 

[dye], in a rat sentinel lymph node (SLN). Reprinted with permission from [197]. 

 

To overcome the limitations of piezoelectric-based detection for planar geometries, a 

different approach, based on an optical method of ultrasound detection, has been explored. 

This approach employs a Fabry-Perot (FP) polymer film etalon that comprises a polymer film 

spacer sandwiched between a pair of mirrors. An incident PA wavefront can be spatially 

mapped in 2D by raster scanning a focussed laser beam across the surface of the sensor. 

(a)   

(b)

(c)  (d)
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Figure 2.19 shows several representations of the 3D image data set obtained by scanning the 

human palm using FP-based PA scanner [183]. 

 

 
 
 

Figure. 2.19 (A) Lateral MIP image (top) and vertical (x–z) slice image (bottom) taken 

along horizontal yellow dotted line on MIP. Grey arrows indicate the contour of the skin 

surface. (B) Left: photograph of the imaged region, middle: volume rendered image and 

right: lateral slices at different depths. The arrow ‘A’ indicates the deepest visible vessel, 

which is located 4 mm beneath the surface of the skin. Laser excitation wavelength: 670 

nm. Reproduced from [183] by permission of IOP Publishing. Copyright 2016 Institute of 

Physics and Engineering in Medicine. All rights reserved. 
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2.2.4.3 Photoacoustic endoscopy (PAE) 

There are several potential clinical applications such as clinical assessment of coronary artery 

disease, prostate cancer and gastrointestinal pathologies, in which the target tissue can only 

be accessed by using a miniature endoscopic probe  or through a natural orifice. Intravascular 

PAI employs a catheter in a manner analogous to intravascular ultrasound (IVUS). The dual 

mode intravascular PA and US probe was used to image ex-vivo human coronary arteries 

[188]. This system provides co-registered PA and US  images simultaneously by rotating the 

catheter and acquiring PA A-lines at each angular step.  In order to identify lipid-rich 

plaques, the PA images were obtained at 1210 nm and, for comparison at 1230 nm where 

absorption is low. 

 

 

Figure 2.20 (a) Histological section showing a lipid-rich plaque (asterisk) and a region of 

calcification (Ca). Lu, lumen; Pf, peri-adventitial fat. (b) IVUS image, (c)intravascular PA 

image obtained using an excitation wavelength of 1210 nm (high lipid absorption) and 

(d) intravascular PA image obtained using an excitation wavelength of 1230 nm (low 

lipid absorption). Reprinted with permission from [188]. Copyright 2016 Optical Society 

of America. 

 

In contrast to conventional optical endoscopy, which has an imaging depth within the optical 

diffusion limit, PAE has shown a 7-mm imaging depth in the dorsal region of a rat colon ex 
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vivo (Figure 2.21). A comparison between different embodiments of PAI is shown in Table 

2.2.  

 
 

Figure. 2.21 PAE of a rabbit esophagus and adjacent internal organs, including 

the trachea and lung. Reprinted with permission from [189]. 

 

Table 2.2. Comparison between various embodiments of PAI. Table adapted from [121]. 

 

Modality 

Penetration 

depth (mm) 

Lateral 

resolution 

(μm) 

Axial 

resolution 

(μm) 

Temporal 

resolution or B-

scan rate (Hz) 

Typical 

applications 

 

 

OR-PAM [151] 

 

 

0.7 

 

 

5 

 

 

15 

 

 

1 

 
Microvascular 

physiology and 

Pathophysiology 

 

 

 

AR-PAM [157] 

 

 

 

3 

 

 

 

45 

 

 

 

15 

 

 

 

1 

Cutaneous and 

subcutaneous 

imaging, 

functional brain 

imaging of small 

animal 

models 

 

 

PAT [115,169] 

 

 

3-50 

 

 

70-800 

 

 

25-300 

 

 

50 

Acute 

hemodynamic 

monitoring, and 

cutaneous and 

breast imaging 

 

PAE  [186] 

 

3 

 

230-450 

 

47-65 

 

2.6 

Internal organ 

imaging 

 

2.2.5 Photoacoustic characterization of functional microvascular parameters 

In addition to the microvascular morphology information that can be directly extracted from a 

2D or 3D PA image, several important functional parameters such as sO2, HbT and blood 

flow can be measured on additional imaging acquisition and data processing [121].  
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Spectroscopic PAI allows us to calculate the sO2 [120] and HbT assuming that in the visible 

spectral range, HbO2 and Hb are the dominant optical absorbers in blood. To calculate the 

sO2, the wavelength dependent absorption coefficients (μa) at two wavelengths can be 

calculated by the following equations: 

 

																																															μa(λ1)	 	 	 (λ1)+	 	 	(λ1)																															Eq.(2.12)                      

																																															μa(λ2)	 	 	 	(λ2)+	 	 	(λ2)																															Eq.(2.13)							

	

where 	and	CHb	are the molar concentrations [M] of HbO2 and Hb, and 	and 	are 

molar absorption coefficients [cm-1M-1] of HbO2 and Hb, which are generally well known. 

 

The sO2 level of haemoglobin can be described as: 

 

                                                		 		                          Eq.(2.14)                       

 

The accuracy of sO2 level can be improved using more than two wavelengths. In addition, 

depth and wavelength dependent fluence compensation of PA signals can further improve the 

accuracy [110]. 

 

 HbT can be calculated in relative values as the summation of HbO2 and Hb. 

Alternatively, HbT can be measured directly in a relative manner. In the visible and NIR 

regions of the haemoglobin absorption spectra [198], there are multiple isosbestic points 

(390, 422, 452, 500, 530, 545, 570, 584, and 797 nm) where the molar extinction coefficients 

of HbO2 and Hb are equal. Thus, PA signals acquired at such wavelengths  represent HbT 

only, irrespective of the sO2. 

 

 Fang et al. invented PA Doppler flowmetry (PADF) [199,200]. The PAD effect 

combines the production of an acoustic wave from a light absorbing medium and shifting of 

this wave when it has motion relative to a detector. The schematic of a PADF system is 

shown in Figure 2.22. 
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Figure. 2.22 Schematic for the PA Doppler flowmetry system.  

 

The targeted light absorbing particle moving with a flow speed v is illuminated by an 

intensity-modulated laser beam. The particle undergoes the PA process, which is same as that 

for a stationary particle. Due to the particle motion, the PA wave detected by an ultrasonic 

transducer has a Doppler shift , fPAD, expressed as [199]: 

 

 

                                                          		 	 	 	 	cos	θ                                      Eq.(2.15) 

 

where f0 is the intensity-modulation frequency, cA is the speed of sound, and θ is the angle 

between the detected PA wave propagating direction and the particle travelling direction. 

Given an experimentally measured fPAD, the particle flow speed can be calculated. 

  

 A principle disadvantage of laser Doppler flowmetry is its limited measuring depth 

and loss of flow directional information due to multiple light scattering, but this is no longer 

an issue with the PADF. Additionally, as light-absorbing particles are used as flow tracers, 

PADF has higher detection contrast and lower background noise. 

 

2.2.6 Photoacoustic imaging applications 

PAI is expected to find broad range of applications in medicine and biology. In the last few 

years, PAI has been developed rapidly with applications explored in oncology [197,201], 

dermatology [183,191,202], cardiology [188,203], vascular biology [204,205], 

gastroenterology [186,206], neurology [124,207,208] and ophthalmology [209,210]. Major 

pre-clinical applications include imaging of microcirculation, angiogenesis, drug response, 

tumor microenvironments, biomarkers, brain functions, and gene activities [149]. The 

development of PAI techniques continues to be of substantial interest for clinical applications 
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including screening, diagnosis, treatment planning, and therapy monitoring. Figure 2.23 

summarizes the potential clinical applications of PAI.  

 

 

Figure. 2.23 An overview of potential clinical applications of PAI. Reproduced from 

Leahy et al., Stem Cell Res Ther 2016; 7(1):57. 

 

Breast cancer imaging is one of the potential clinical applications of PAI. In one of the first 

demonstrations, in vivo 2D PA human breast images were obtained from patients diagnosed 

with cancer prior to surgical mastectomy [211,212]. In another study, the use of a customized 

PA system based on a hemispherical array of piezoelectric transducers was demonstrated to 

reconstruct 3D vascular images of human breast tissue [213]. A PA mammoscope was 

developed and used to show promising results in detecting breast tumors were obtained [214-

217]. Clinical feasibility of PA mammoscope was evaluated in ten patients with malignancies 

and two patients with breast cysts [214]. Figure 2.24 shows that PA imaging is capable of 

identifying malignancies with a higher contrast compared to mammography and X-ray. 

Furthermore, PA imaging was shown to be capable of identifying malignancies independent 

from breast density. 
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Figure. 2.24 Diagnostic images of a 31 mm infiltrating ductal carcinoma in the right 

breast of a 64 year old woman. (a) The cranio-caudal mammogram of the right breast 

shows a large region with atypical and suspicious microcalcifications (white square). (b) 

The ultrasound image shows a large inhomogeneous lobed mass (white square) with 

microcalcifications, which is somewhat suggestive for a benign fibroadenoma. Close to 

this large lesion, there is a second comparable, but smaller lesion (not visible in this 

image). (c) The T1 weighted contrast enhanced MRI shows two lesions in the lateral 

quadrant of the right breast. The biggest lesion (white square) is visible in this image 

and measures 34 mm, the second, smaller lesion (14 mm) is positioned caudal to this 

lesion and is not visualized here. (d) Photoacoustic imaging also shows two 

abnormalities, separated less than 10 mm. (e) The upper abnormality (5 mm depth) has 

a contrast of 4.7 and a maximum diameter of 26 mm and can be seen in this transversal 

cross-section (slice thickness 0.24 mm). (f) The smaller, lower (13 mm depth) 

abnormality had a contrast of 5.3 and a maximum diameter of 14 mm. Reprinted with 

permission from [214]. Copyright 2016 Optical Society of America. 

 

 

Other studies that demonstrate the applications of PAI  in human subjects include monitoring 

of HbT [218], determining depth of port wine stain [219], monitoring of cerebral venous 

oxygenation [220], and imaging human peripheral joints for inflammatory arthritis diagnosis 

[221].  
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3 Human microcirculation imaging 
under diseased conditions using 
correlation mapping optical coherence 
tomography 

 
 

The capability of optical coherence tomography (OCT) to identify different tissue layers has 

established its clinical importance for the diagnosis and monitoring of various diseases. As a 

result of this several techniques that enable OCT to visualize the microcirculation have been 

developed. These techniques include speckle variance OCT (svOCT), Doppler OCT (DOCT) 

and optical microangiogaphy (OMAG). Each technique however, has an associated 

advantages and disadvantages. DOCT is based on the Doppler principle therefore suffers 

from angle dependence and is unable to detect flow perpendicular to the probing beam. 

DOCT cannot produce complete map of microcirculation because blood vessels within the 

tissue are oriented at different angles and can be complex in shape. OMAG is also angle 

dependent and requires phase data. The extensive post processing and computational effort 

involved in OMAG, which requires up to 36 minutes to process a single 3D volume limits its 

suitability for clinical applications. svOCT is not angle dependent like DOCT and OMAG 

and only requires structural information but the limitation of svOCT is that the calculated 

variance is on the range of ±∞ and depends on the chosen window size. Thus, variance itself 

does not directly indicate flow and a priori structural knowledge is required  to separate static 

and dynamic regions. To overcome the limitations of the existing techniques, a technique 

called correlation mapping optical coherence tomography (cmOCT) has been developed by 

our group which uses dense scanning OCT image acquisition and post processing protocol 

based on correlation statistics. This technique extracts the flow information from OCT data 

sets using purely the OCT signal intensity without the requirement of phase information.                        

  

 In this chapter, the feasibility of cmOCT for in vivo imaging of human 

microcirculation under diseased conditions has been investigated. In the first study, cmOCT 

was used for in vivo volumetric imaging of microcirculation within human skin under 
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psoriatic conditions. 3D structural and functional (microcirculation) maps of the psoriatic 

plaque were obtained and compared with the healthy tissue using the cmOCT technique. In 

the second study, the feasibility of intra-coronary OCT correlation mapping to investigate the 

role of coronary microvessels in human atherosclerosis was studied. Any technical issues to 

achieve functional images with the current clinical IOCT systems and through correlation 

mapping processing are also discussed. 

 

3.1   Principles of cmOCT 

The principle of cmOCT is based on the fact that moving scatter results in time varying 

speckle on the reflected OCT signal and stationary scatter should maintain a constant 

reflectance. Thus when a repeatable scan is performed on a sample using OCT, static portion 

of B-scan should remain the same; however regions containing moving particles should 

change in backscatter intensity. The regions of flow can be assessed using this method if two 

repeat scans are performed over the same location. Region that change in intensity represent 

moving features and regions that remain the same should represent static features. In cmOCT, 

correlation statistics are used to determine the similarity between B-scans. The processing 

steps for cmOCT algorithm are illustrated in Figure 3.1. 

 

 

 
Figure. 3.1 Processing steps in the cmOCT algorithm. (1) The cross correlation between 

two B-scans frames captured  is determined. (2) A mask image is generated from the 

source B-scan to locate the background. (3) Mask is applied to correlation image to 

suppress the background. Reprinted with permission from Zafar et al., Skin Res Technol 

2014; 20(2):141-6. 
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The first step in cmOCT is to determine the cross correlation between two OCT frames or B-

scans (XY slices) captured at the same location. This is calculated by cross-correlating a grid 

from frame A (IA) to the same grid of the frame B (IB), 
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         Eq. (3.1) 

where M and N is the grid size and  	is the mean value of the grid.  

 2D correlation image  is obtained by shifting this grid across the entire XY image. 

The correlation images have correlation values in the range of 0 to ±1. The intensity of static 

regions change little between frames within the lateral resolution of the system and so are 

represented by higher correlation and regions of flow are represented by low correlation since 

they do change. The background noise is suppressed by masking the correlation image with a 

structural mask that identifies the location of the background. This is achieved by employing 

a simple threshold technique on the B-scan. All values below a pre-determined level were 

considered to be background, as this indicates no backscattered light detected by OCT. 

Before this, kernel blur was applied to blur the speckle features which could have low values. 

The resulted binary mask can be applied to the correlation image to reveal the cmOCT image. 

To suppress the static regions and enhance the regions of flow color mapping was performed 

on the range of -0.6 to +0.6. The correlation value for static region decreases with the 

increase in spatial separation between B-scans. Thus spatial separation between B-scans was 

kept below 5 μm to ensure that static region have correlation value above 0.6. The 3D 

cmOCT volume is obtained by capturing system enabled 3D OCT volumes over a selected 

area such that there is a dense sampling between adjacent B scans. This results in a frame 

separation below the lateral resolution of the OCT system. Then cmOCT processing is done 

between two adjacent B scans within the volume to generate 3D cmOCT volume. The 

selection of kernel size also has effect on the resulting cmOCT signal. Very small kernel sizes 

result in noise as they are more sensitive to slight changes in the structural OCT signal. Large 

kernel sizes can improve the signal to noise but require more processing time and very large 

kernel sizes result in blurring of image and loss of information of smaller vessels. The kernel 

size of 7x7 (matrix) has been used in this work for good image quality as there is sufficient 

suppression of the static components of the tissue. The cmOCT volume consisting of 

1024x1024 A-scans each of 512 pixels deep can be processed within 112 s using a 7x7 kernel 
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size. The cmOCT algorithm via in house developed code was written in the Java 

programming language by Dr. Joey Enfield (Tissue Optics and Microcirculation Imaging 

Group). 

 

3.2 Assessment of psoriatic plaque in vivo with cmOCT 

Psoriasis is a chronic skin disease which affects 1% to 3% of the population [222]. It is a 

consequence of abnormal immune function and is characterized by the presence of psoriatic 

plaques [223]. The cause of psoriasis is not fully understood. The development of non-

invasive imaging techniques to characterize and extend a better understanding of the vascular 

involvement in psoriasis is essential. The aim of this work was to demonstrate the feasibility 

of cmOCT for in vivo microcirculation imaging of the human skin under psoriatic conditions. 

 

 Figure 3.2 shows the schematic of the OCT system (OCM1300SS, Thorlabs Inc.) and 

the experimental set up used in this study. This system uses a high-speed frequency swept 

external cavity laser with central wavelength of 1325 nm, spectral bandwidth of 3 dB (larger 

than 100 nm) and an average output of 10 mW. The frequency clock for the laser is provided 

by the built-in Mach-Zehnder Interferometer (MZI, Thorlabs INT-MZI-1300) which is inside 

the laser. The main output of the laser is coupled into a fiber-based Michelson interferometer 

which splits the light into the reference and sample arms using 50/50 coupler (Thorlabs INT-

MSI-1300). In the reference arm of the interferometer, the light is reflected back into the 

filter by a stationary mirror. In the sample arm, the light is fiber coupled into the handheld 

probe, collimated, and then directed by the XY galvo scanning mirrors towards the sample. 

The A-scans are performed at 16 kHz, which is the sweeping frequency of the laser. The 

system provides an axial resolution of 12 μm. The B-scan is controlled by the galvo scanning 

mirror and determines the frame rate of the OCT imaging. The scanning lens LSM003 

(Thorlabs Inc.) with a long working distance was used to focus the sample arm and provides 

a lateral resolution of 25 μm. A large clearance (≥25 mm) between the optics and the sample 

provided by long working distance enables easy handling of the sample. An aiming laser 

centred at 660 nm is coupled into the sample arm of the interferometer to visually indicate the 

scanning trace of laser. A pair of XY galvo mirrors scans the beam across the sample surface 

creating 1D, 2D, or 3D images. The system acquires 3D OCT volumes of 1024x1024 A-

scans, each of 512 pixels deep in approximately 70 s. 
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Figure. 3.2 The Schematic of the OCT system (OCM1300SS, Thorlabs Inc.) and the 

experimental set up used in this study. Swept laser source (SS), fiber coupler (FC), 

polarization controller (PC), circulator (CIR), collimator (C), adjustable pinhole variable 

attenuator (AP), and mirror (M). Adapted from Thorlabs OCS 1300SS User Guide. 

 

All the imaging was performed on a forearm region of a female volunteer aged 38 years with 

informed consent by positioning her forearm under the OCT probe. The 3D OCT scans from 

the areas of normal skin and the psoriatic plaque were acquired for processing according to 

cmOCT technique. The 3D OCT scans acquired measured 1024 (length) x 1024 (width) x 

512 (depth) pixels corresponding to study volumes of 3x3x3 mm and 5x5x3 mm. The 

resulting OCT volume in each case was processed using the cmOCT technique with a 7x7 

kernel in 112 s.  

 

 The results from cmOCT processing of the patient’s forearm for a 5x5x3 mm region 

are illustrated in Figure 3.3. Figure 3.3A shows the 3D rendering of the structural OCT data 

set of the patient's forearm for a 5x5x3 mm region. Figure 3.3B shows 3-D rendering of the 

resulting cmOCT processed volume. The figure illustrates network of blood vessels that has 

been detected using the cmOCT technique. Figure 3.3C shows the maximum intensity 

projection (MIP) through the cmOCT volume. This figure better illustrates the detected blood 

vessels. The cmOCT images have correlation values in the range of 0 to ±1. The static 

regions change little between frames within the lateral resolution of the system and so are 

represented by higher correlation and regions of flow are represented by low correlation since 
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they do change. In this work, to suppress the static regions and enhance the regions of flow, it 

has been assumed that static regions have a correlation of greater value than 0.6 so color 

mapping has been applied below this range. The approach used in Figure 3.3D is to colour 

code the detected vessels by their depth location. The warmer colours represent deeper 

vessels.                   

    

      

Figure. 3.3 (A) 3D rendering of the structural OCT data set of the patient's forearm for 5 

x 5 x 3 mm region. (B) 3D rendering of the resulting cmOCT processed volume of the 

patient's forearm for 5 x 5 x 3 mm region. (C & D) MIP image through the cmOCT 

volume. Reprinted with permission from Zafar et al., Skin Res Technol 2014; 20(2):141-

6. 

 

The OCT B-scan cross sectional structural images of the patient's forearm captured at various 

locations for a 3x3x3 mm region and the corresponding cmOCT generated MIP images are 

presented in Figure 3.4.  
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Figure. 3.4 (A & D) The OCT B-scan image of the healthy tissue 3 cm from the plaque 

and the corresponding cmOCT generated MIP image. (B & E) The OCT B-scan image of 

the plaque border and the corresponding cmOCT generated MIP image. (C & F) The OCT 

B-scan image of the plaque center and the corresponding cmOCT generated MIP image. 

Reprinted with permission from Zafar et al., Skin Res Technol 2014; 20(2):141-6. 

 

Figure 3.4A shows OCT B-Scan image of the healthy tissue 3 cm from the plaque where the 

dermal and epidermal layers can be clearly identified. The location of blood vessels can also 

be seen in this figure. Figure 3.4D shows the corresponding cmOCT generated MIP image of 

the healthy tissue 3 cm from the plaque. The horizontal lines in the image are the result of 

subject movement. Figure 3.4B shows a OCT B-scan image through the plaque. The plaque 

is located to the right side of the figure. Figure 3.4E shows the corresponding cmOCT 

generated MIP image of the plaque border. It can be observed that the blood vessels in this 

region are much more dense than in the healthy tissue because of angiogenesis [224]. Figure 

3.4C shows OCT B-Scan image of the plaque center. Figure 3.4F shows the corresponding 

cmOCT generated MIP image of plaque center. OCT B-scans can be used to visually assess 

the differences of microcirculation between the healthy tissue and the psoriatic plaque 

(Figures 3.4A and 3.4C). The en-face images (Figures 3.4E and 3.4F) are useful to assess the 

changes of the blood vessel appearance within the psoriatic plaque. The comparison reveals 

the differences in microcirculation pattern within the plaque and the healthy tissue. Due to the 

elongation of blood vessels and the microvascular angiogenesis, the vessels in the plaque 
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appeared in the form of spots. The distinct changes can also be observed in vessel density, 

tortuosity and orientation.  

 

 The cmOCT correlation processing step on densely scanned standard structural OCT 

intensity images does not require any change in the existing OCT hardware. The post-

processing and computational effort involved in cmOCT requires processing time of 1-3 

minutes, depending on the kernel size used to process a single volume, making it suitable for 

clinical applications. The results from microcirculation imaging of the healthy tissue and the 

psoriatic plaque indicate that cmOCT is able to produce 3D microvascular architecture of 

higher resolution and better sensitivity without employing any contrast agents. The cmOCT 

generated MIP images are useful to differentiate between the microvascular architecture of 

the healthy tissue and the psoriatic plaque and examine the changes in microcirculation 

within psoriatic plaque. 

 

 The microcirculation maps for larger areas of normal and psoriatic skins e.g. 10 mm 

x10 mm can also be processed using the cmOCT technique. This could be done by scanning a 

series of individual scans with an overlap between adjacent scans. The data set is then 

processed using the cmOCT technique to generate MIP images. The resulting MIP images 

can then be manually aligned to produce the large map of the microvascular architecture to 

investigate the microcirculation abnormalities.  

 

 The presented results concerning the information of microvascular architecture will be 

useful in acquiring some of the fundamental insights concerning psoriasis. It will also 

demonstrate the feasibility of following the disease progression or regression in response to a 

specific treatment. The cmOCT technique is even useful for treatment plan assessment in 

capillary malformations, skin cancers and related diseases. 

 

 The cmOCT technique is sensitive to sample movement. With the motion of the 

subject a resulting decorrelation occurs. This issue can be addressed using an image 

alignment between frames prior to correlation mapping processing. An image alignment 

technique based on the works of Thevenaz et al [225] minimizes the mean square intensity 

difference between two images by a modified Marquardt-Levenberg nonlinear optimization 

algorithm. The alignment attempts to assess the affine transform required  to align two 

frames. An affine transformation (A) can map any vector field (Pold) onto new vector field 
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(Pnew) under scaling, rotation, translation or shear. The details of scaling, rotation, translation 

and sheer are represented in the affine transformation matrix. The image quality obtained 

using cmOCT can be greatly enhanced with the image alignment, however, there is a 

resulting computational tradeoff. 

 

 A relatively low A-scan rate (16 kHz) OCT system was used in this study which has 

imposed a tradeoff between achievable scanning area and temporal imaging rate. This can be 

addressed using a  faster scanning OCT system. The lateral resolution of the OCT system 

used in this study was 25 μm, while capillaries range from 6 m to 10 m in diameter. 

Through the application of broader bandwidth light source and better optics, it is possible to 

image capillaries.  

 

3.3 Intra coronary OCT correlation mapping to investigate the role of coronary 

microvessels in human atherosclerosis: A feasibility study          

Coronary atherosclerosis remains a leading cause of global morbidity and mortality. It is 

increasingly recognised that vessel wall neovascularisation plays a critical role in the 

pathogenesis of atherosclerotic disease. The development of intimal atherosclerotic plaque is 

associated with neovascularisation and the development of a coronary vasa vasorum which is 

not present in normal vessels [226-230]. Neovascularisation around and within 

atherosclerotic plaque is an early feature of the disease process [231] and has been implicated 

in the processes of immune cell recruitment [232-235] and lipoprotein deposition central to 

the pathophysiology of plaque progression [236]. Intraplaque haemorrhage from microvessels 

arising either from the vasa vasorum  [237] or the lumen [228] has also been demonstrated by 

the presence of red cell markers within advanced atherosclerotic plaque and has been shown 

to be a potent atherogenic stimulus in animal models [237]. Furthermore, inhibitors of 

angiogenesis reduce neovascularisation and plaque progression in animal models of 

accelerated atherosclerosis [238-240]. Conversely stimulators of angiogenesis promote lesion 

progression [241,242]. Intraplaque haemorrhage may also be an intrinsic element of the chain 

of events leading to plaque rupture which may in turn lead to acute coronary syndromes 

including myocardial infarction [243-247]. These observations have led to the identification 

of the processes of neovascularisation as a potential novel target for future treatment 

strategies in atherosclerosis [248]. 
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Imaging the coronary vasa vasorum and the development of neovascularisation is challenged 

by the small size of these vessels and their continuous movement in association with the 

motion of the heart and coronary vessels. Magnetic resonance imaging (MRI), computed 

tomography (CT) and positron emission tomography (PET) have been used to attempt to 

image carotid plaques but even in the more accessible carotids, non-invasive assessment of 

plaque associated neovascularisation is very challenging [249-251]. All  these methods are 

severely limited in resolution, although they can be sensitive to bulk perfusion. Contrast 

enhanced ultrasound can be used to demonstrate neovascularisation of carotid plaque 

(reviewed in [252]) but quantification, 3-dimensional image rendering and adaptation of 

contrast agents to the higher scanning frequencies of intravascular ultrasound (IVUS) will be 

required before this technique can be adapted to assessment of coronary plaque neovessels 

[253]. Intracoronary OCT (IOCT) can provide high-resolution images (10 to 20 µm) of the 

coronary vessel wall and is increasingly used to characterise coronary artery atherosclerosis 

and the response to pharmacological and mechanical treatments [65]. Previously it has been 

demonstrated that the greater spatial resolution of IOCT compared with IVUS can provide 

novel insights into the mechanisms behind disease progression, clinical presentation and 

response to intervention  [254-258]. The main objective of this work was to establish using in 

vivo IOCT imaging if correlation mapping of coronary micro-vessels is feasible and if so to 

identify any technical difficulties. The fundamental principles of OCT evolved from optical 

1D low-coherence reflectrometry, which uses a Michelson interferometer and a broadband 

light source have been discussed in detail in Chapter 2 of this thesis. To enable intracoronary 

imaging, the sample arm of the interferometer becomes a catheter that is inserted into the 

vasculature as shown in Figure 3.5. 

 
 

Figure. 3.5 Schematic diagram of the fibre optic based OCT system with a catheter. 

Reprinted with permission from [39]. 

 

A clinical frequency domain IOCT system (C7XR) and the Dragonfly catheter (St. Jude 

Medical) was used in this study. This system uses a swept source laser with central 
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wavelength of 1300 nm which provides an axial resolution of 15 μm and tissue penetration of  

1 to 3 mm. The lateral resolution of the system is 25 μm. In this system, the images are 

recorded using a single mode optical fibre wire that is attached to an automated pullback 

engine integrated with the console. The light is emitted and reflected back through the same 

wire, while simultaneously being rotated and pulled back along the artery. The wire rotates 

inside a fluid filled polymer tube. In order to perform circumferential imaging of the vessel 

there is a micro lens assembly at the distal end (1 mm in length and 125 μm in diameter) 

which focuses and reflects the light beam at 80° from the fibre's axis. As the light with 

wavelength 1300 nm does not penetrate so much through blood so temporary blood clearance 

is required for imaging. For blood clearance, a low pressure (0.5-0.7 atm) occlusion balloon 

(occlusion time 30 sec) catheter is used to flush saline at the rate of 0.5-1 ml/sec.  

 

 The presence of micro-channels that has been shown to be associated with markers of 

adverse prognosis [259] can be identified using IOCT in the coronary arteries of patients 

presenting with coronary disease. Figures 3.6A shows an example of micro-channel in a 

native coronary artery (arrow) shown initially in the intima and then tracking to the luminal 

surface. An area of thin capped atheroma with a lipid pool (star) is also evident in this section 

of a diseased vessel (Figure 3.6B). Figures 3.6C and D show examples of possible 

microvessels. 

 

Figure. 3.6 (A & B) An Example of micro-channel in a native coronary artery (arrow) 

shown initially in the intima and then tracking to the luminal surface. An area of thin 

capped atheroma with a lipid pool (star) is also evident in this section of a diseased 

vessel. (C & D) Examples of possible micro vessels [David Adlam et al., unpublished 

image, University of Leicester]. 
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In section 3.2 of this chapter we have used standard OCT image acquisition in association 

with the development of a novel software post-processing protocol to demonstrate 

microcirculation in human psoriatic plaque. This technique potentially allows not only the 

identification of micro-channels but the production of more detailed microvascular maps 

showing how these vessels relate to each other and within the plaque. The distinct changes in 

both vessel density and orientation can also be observed (Figure. 3.4). IOCT correlation 

mapping can potentially enable effective identification and mapping of micro-vessels 

associated with atherosclerotic plaque mediated neovascularisation. 

 To demonstrate the capability of correlation mapping algorithm using IOCT system at 

detecting flow velocities, a capillary tube containing an intralipid solution was used. The 3D 

OCT scan was acquired, using imaging catheter attached to the capillary tube, for processing 

according to cmOCT technique. The pullback speed of 20 mm/s was used. The resulting OCT 

volume was then processed using the cmOCT technique with a 7x7 kernel in 116 s. The 

results of this are illustrated in Figure 3.7. Figure 3.7A shows the schematic of the 

experimental set up used. Figure 3.7B shows the structural OCT data (B-scan). Figure 3.7C 

shows the detected flow using the cmOCT algorithm. Figure 3.7D shows the MIP image 

through the cmOCT volume. 

 

Figure. 3.7. Sample correlation mapping processing using IOCT system. (A) 

Experimental setup, capillary tube containing an intralipid solution moving under 

Brownian motion and an imaging catheter attached to it. (B) Structural OCT image (B-

scan). (C) Detected flow using cmOCT algorithm. (D) Maximum intensity projection 

image through the cmOCT volume. 
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The correlation mapping algorithm was applied to image flow from in vivo images of the 

coronary arteries of patients, but it is very difficult to achieve functional images with the 

current IOCT system (St Jude) and through correlation mapping processing. In the correlation 

mapping algorithm, the correlation value for static region decreases with the increase in 

spatial separation between B-scans. Thus spatial separation between B-scans should be kept 

below 5 μm to ensure that static region have correlation value above 0.6. With the current 

IOCT system, inter-frame cross-correlation is clearly not possible because of the large frame 

separation (~200 μm). Intra-frame cross-correlation is difficult because the time separation 

between consecutive A-lines is too short (sweep rate of laser source is 50 KHz); also, within 

the resolving limit of 20 μm and at focus (~1.5 mm) the overlap of two consecutive A-lines is 

less than 40%. The other issue is the non-uniform rotation distortion (NURD) of the catheter. 

This leads to lateral movement of A-lines. The optical fiber also moves within the catheter 

sheath (or covering) leading to vertical movement.  

 

 Recently, Shiju et al [260] demonstrated the feasibility of IOCT system (zero-

pullback mode imaging) to image micro flows, even in the presence of motion artifacts. For 

static IOCT imaging, both mean and the variation within a set of cross-correlation (CC) maps 

was used to distinguish flow from non-flow regions. Variation was calculated  by use of 

standard deviation. The ability of this technique was demonstrated by micro flow imaging in 

an ex vivo porcine coronary artery model and in-vivo microvessel imaging from within the 

human coronary sinus. In their work, zero-pullback mode imaging was performed using the 

intracoronary FD-OCT system. However, commercially available clinically approved IOCT 

systems are mainly designed and optimised to carry out high pull back speed for structural 

imaging of coronary arteries. Thus the systems generate under sampled cross-sectional 

images in the pullback direction [261]. In order to enable accurate flow mapping and reduce 

noise effects, over sampling by high density imaging is required, as demonstrated by the 

Doppler studies [262-264]. Developments in intravascular OCT technologies [265-269] 

promises that in the future it may be possible to acquire high-speed coronary images with 

sufficiently high density. 
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4 Linear-array based co-registered 
photoacoustic-ultrasound imaging on 
humans: A feasibility study for clinical 
applications 

 
 

Photoacoustic imaging (PAI) offers several advantages over other imaging techniques such 

as: it provides images in real time at clinically relevant depths with relatively higher spatial 

resolution than pure optical imaging techniques without using ionizing radiation, images 

optical absorption with 100% sensitivity, it provides inherently background free detection, it 

collects functional and molecular information for most tissues and provides tissue 

information using an endogenous contrast alone. 

 

  A variety of  PAI systems with range of scanning assemblies and reconstruction 

routines have been developed in the last few years to achieve optimal imaging depth, desired 

resolution and contrast. The  most commonly used PAI systems employ either tomographic or 

planar geometry with a linear-array transducer. In conventional photoacoustic tomography 

(PAT), an entire region of interest is excited using full field illumination and the PA waves 

are simultaneously detected either using single ultrasound detector or an array of detectors. 

Then, an acoustic back propagation algorithm is used to reconstruct 3D image. Although 

PAT scanners based on spherical and cylindrical detection geometries offer large angular 

aperture for data collection and an accurate image reconstruction, they suffer from low frame 

rates due to the need for hundreds to thousands of laser pulses per frame and are not well 

suited for imaging highly superficial features such as the skin microvasculature. Moreover, 

the commonly used single element PAI systems cannot satisfy the requirement of real time 

data acquisition and imaging, which is a prerequisite in the clinical scenario. 

 

 Linear-array based PAI is an alternative option particularly for imaging of skin and 

subcutaneous morphologies. Linear-array based PAI systems detect PA waves from limited 

angles around the object using an array of detectors. Although this partial view detection 
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results in an image quality inferior but these systems allow images to be acquired with just a 

few laser pulses and provide much higher frame rates which make them more suitable for 

clinical applications. Linear-array based PAI systems can be combined with already existing 

clinical ultrasound systems for simultaneous PA and US imaging.  

 In this chapter, the feasibility of a pre-clinical small animal PAI system for human 

imaging has been demonstrated. A combined PA and US imaging was used for volumetric 

structural and functional human imaging under normal and diseased conditions. The system 

was optimised in terms of wavelength selection, transducer probe selection, coupling and 

settings for deep (up to 30 mm)  in vivo imaging within human skin. Co-registered PA and 

US images from different sites such as forearm, breast and carotid were acquired with a range 

of high frequency transducer probes (15 MHz to 40 MHz). 3D microvasculature, total 

concentration of haemoglobin (HbT) and the haemoglobin oxygen saturation (sO2) maps 

were obtained. The feasibility of combined co-registered PA/ US and correlation mapping 

OCT for multi-scale structural and functional imaging of the human microvasculature has 

also been demonstrated. 

 

4.1 Linear-array based combined PA/US imaging system specifications and 

characterization 

Figure 4.1 shows the schematic of the combined PA and ultrasound (US) imaging system 

(Vevo LAZR, Fujifilm VisualSonics)  used in this work. The system was operated with a 

linear-array transducer probe. The key elements of the PAI system are: tuneable 

photoacoustic excitation laser system (optical parametric oscillator pumped by frequency-

doubled   Nd:YAG laser with a repetition rate of 20 Hz, pulse duration of 4-6 ns, spot size of 

24 mm2 and step size of 2 nm), multi-element linear-array transducer, amplifier and a 

digitizer.  
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Figure. 4.1 Schematic of the combined photoacoustic and high frequency ultrasound 

imaging system with a linear-array transducer probe. Reprinted with permission from 

Zafar et al., J Biomed Opt 2015; 20(5):051021.  

Each linear-array transducer probe used in this study consisted of 256 elements, which were 

divided in 4 quadrants, each with 64 elements as shown in Figure 4.2A. Pulsed laser light was 

focused into the tissue through two fibre optic bundles (20x1.25 mm) mounted on each side 

of the acoustic aperture of the transducer probe, emitting two laser beams at an angle of 30º 

relative to the imaging plane as shown in Figure 4.2B.  

                        

Figure. 4.2 (A) Each linear-array transducer probe used in this study consisted of 256 

elements, divided in 4 quadrants, each with 64 elements. (B) Pulsed laser light was 

focused into the tissue through two fibre optic bundles (20x1.25 mm) mounted on each 

side of the acoustic aperture of the transducer probe, emitting two laser beams at an 

angle of 30º relative to the imaging plane. 
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The generated PA waves propagated back to the transducer probe, coupled through 

ultrasound gel (Aquasonic® 100) and acquired by the transducer array. For each laser pulse 

the PA signals were captured by one quadrant of the transducer array. Since four pulses were 

required for each full width image, the frame rate was one fourth of the laser repetition rate 

(i.e. 5 Hz). The PA information was passed on to a computer through an amplifier and a 

digitizer where it was processed into 3D image. 

 

 PAI in this work was performed using three transducer probes of center frequencies: 

15, 21 and 40 MHz. The 15 MHz probe (broadband frequency: 9-18 MHz) provides an axial 

resolution of 100 μm, imaging depth up to 36 mm and imaging width up to 32 mm. The 21 

MHz probe (broadband frequency: 13-24 MHz) provides an axial resolution of 75 μm, 

imaging depth up to 20 mm and imaging width up to 23 mm. The 40 MHz probe (broadband 

frequency: 32-55 MHz) provides an axial resolution of 45 μm, imaging depth up to 15 mm 

and imaging width up to 14.1 mm. The lateral resolution of each transducer probe was 

measured by scanning a 1951 USAF resolution test standard and determining the largest 

pattern that cannot be discerned. Figures 4.3A, 4.3B and 4.3C show the maximum intensity 

projection (MIP) images of the 1951 USAF target scanned by 40, 21 and 15 MHz frequency 

transducer probes respectively, along with intensity profiles and the fitted Gaussian functions 

using MATLAB. The full width at half maximum (FWHM) lateral resolutions for 15, 21 and 

40 MHz frequency transducer probes were found to be 397 μm, 158 μm and 140 μm 

respectively. The specifications of all the three probes used in this study are summarized in 

Table 4.1.  
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Figure. 4.3 The MIP images of the 1951 USAF target scanned by (A) 40 MHz (B) 21 MHz 

(C) 15 MHz frequency transducer probes along with along with intensity profiles (blue) 

and the fitted Gaussian functions (red) using MATLAB. Reprinted with permission from 

Zafar el al., J Biomed Opt 2015; 20(5):051021.  

 

 



62 
 

Table 4.1. Specifications of 15, 21 and 40 MHz frequency linear-array  

transducer probes  

Center Frequency (MHz) 15 21 40 

Bandwidth (MHz) 9-18 13-24 32-55 

Geometric Focus (mm) 18 8 6 

Axial Resolutiona (μm) 100 75 45 

Lateral Resolution (μm) 397 158 140 

Max Image Depth (mm) 36 20 15 

Max Image Width (mm) 32 23 14 

 

a Quoted at the geometric focus. 

 

 

4.2 Co-registered PA/US imaging on humans with a range of high frequency transducer 

probes 

The study was approved by National University of Ireland, Galway research ethics committee 

and written informed consent was obtained from all the volunteers. All the experimental 

procedures were in accordance with the Helsinki Declaration of 1975, as revised in 2008. In 

vivo images within human skin were acquired using 15, 21 and 40 MHz frequency transducer 

probes. The human skin was acoustically coupled to the transducer probe head through 

ultrasound gel and successive PA and US scans were acquired. 3D data sets were collected by 

linearly translating the transducer (with integrated optical fibres)  with a stepper motor over a 

region of interest, while capturing each 2D image of the 3D stack.  High frequency linear-

array transducer probes used in this study are similar in style, shape and use to regular hand-

held clinical ultrasound probes, which can easily be acoustically coupled to the skin and 

moved around while imaging in real time.   

 

4.2.1 In vivo imaging of human microvasculature and haemoglobin concentration and 

oxygen saturation  

Figure 4.4 shows co-registered PA and US images of the human forearm acquired using  40 

MHz  frequency transducer probe at 800 nm wavelength. 800 nm wavelength was used to 
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obtain sufficient tissue penetration depth because of the lowest light absorbance in the tissue 

components such as melanin, oxy- and deoxyhaemoglobin, lipid and water in the near-

infrared (NIR) wavelength range (600-1000 nm). The fluence was below the safe maximum 

permissible exposure of 20 mJ/cm2 for human skin [270]. The acquired scans measured 30.5 

(length) x 14.1 (width) x 10 (depth) mm. The photograph taken from the subject, showing the 

forearm skin examined by PA and US is shown in Figure 4.4A. Figure 4.4B shows a single 

vertical (x-y) slice (B-Scan) of the fused PA and US image of the forearm skin for a 14.1 x 10 

mm region. The US image (gray scale) shows the layered skin morphology. The PA data 

(red) shows several blood vessels distributed throughout the dermis and underlying 

subcutaneous tissue. Figures 4.4C to 4.4E show the volume rendered representations of the 

co-registered PA and US data at different viewing angles of the forearm skin for a 30.5 x 14.1 

x 10 mm region. Figure 4.4F shows MIP image through the PA volume. This figure 

demonstrate the ability of the system to detect PA signal from the microvasculature as a 

series of 2D images rendered in 3D.                            
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Figure. 4.4 In vivo co-registered PA and US images of the human forearm acquired using 

40 MHz frequency linear-array transducer probe at 800 nm wavelength. (A) The region 

of interest selected for US and PA imaging. (B) Vertical (x-y) slice (B-Scan) of the fused 

PA (red) and US (gray scale) image of the forearm skin for a 14.1x10 mm region. (C, D 

& E) Volume rendered representations of the co-registered PA and HFUS data at different 

viewing angles of the forearm skin for a 30.5x14.1x10 mm region. (F) MIP image 

through the PA volume. 

 

 

Figure 4.5 shows comparison of in vivo images of the human forearm acquired at the same 

location using 40, 21 and 15 MHz frequency transducer probes at 800 nm wavelength. The 

photograph taken from the subject, showing the forearm skin examined by PA/US is shown 
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in Figure 4.5A. Figures 4.5B, 4.5E and 4.5H show fused PA/US B-Scans of the forearm skin 

acquired using 40 , 21 and 15 MHz frequency transducer probes, respectively. Figures 4.5C, 

4.5F and 4.5I show co-registered PA/US data of the forearm skin obtained using 40 , 21 and 

15 MHz frequency transducer probes, respectively. Figures 4.5D, 4.5G and 4.5J show MIP 

images through the PA volumes obtained using 40, 21 and 15 MHz frequency transducer 

probes, respectively. High imaging depths can be achieved using low frequency transducer 

probes but with lower resolution, as a trade off, due to the decreasing attenuation of 

ultrasound with lower frequency. Although the ultimate resolution limit is defined by 

acoustic attenuation but other factors such as element size, detector bandwidth and aperture 

can be limiting factors in practice. 

 

 Figure 4.6 shows comparison of in vivo images of the human forearm acquired at the 

same location using 40, 21 and 15 MHz frequency transducer probes at 1064 nm wavelength. 

The photograph taken from the subject, showing the forearm skin examined by PA/US is 

shown in Figure 4.6A. Figures 4.6B, 4.6E and 4.6H show fused PA/US B-Scans of the 

forearm skin acquired using 40 , 21 and 15 MHz frequency transducer probes, respectively. 

Figures 4.6C, 4.6F and 4.6I show co-registered PA/US data of the forearm skin obtained 

using 40 , 21 and 15 MHz frequency transducer probes, respectively. Figures 4.6D, 4.6G and 

4.6J show MIP images through the PA volumes obtained using 40, 21 and 15 MHz frequency 

transducer probes, respectively. The lower optical attenuation by blood at 1064 nm compared 

to 800 nm resulted in a higher penetration depth than obtained in Figure 4.4. 
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Figure. 4.5 In vivo PA and US images of the human forearm acquired at the same 

location using 40, 21 and 15 MHz frequency transducer probes at 800 nm wavelength. 

(A) Photograph taken from the subject, showing the forearm skin examined by PA and 

US imaging. (B, E and H) Fused PA/US B-Scans of the forearm skin acquired using 40, 

21 and 15 MHz frequency transducer probes, respectively. (C, F and I) Co-registered 

PA/US data of the forearm skin acquired using 40, 21 and 15 MHz frequency transducer 

probes, respectively. (D, G and J) MIP images through the PA volumes of the human 

forearm acquired using 40 , 21 and 15 MHz frequency transducer probes, respectively. 

Reprinted with permission from Zafar et al., from J Biomed Opt 2015; 20(5):051021  
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Figure. 4.6 In vivo PA and US images of the human forearm acquired at the same 

location using 40, 21 and 15 MHz frequency transducer probes at 1064 nm wavelength. 

(A) Photograph taken from the subject, showing the forearm skin examined by PA and 

US imaging. (B, E and H) Fused PA/US B-Scans of the forearm skin acquired using 40, 

21 and 15 MHz frequency transducer probes, respectively. (C, F and I) Co-registered 

PA/US data of the forearm skin acquired using 40, 21 and 15 MHz frequency transducer 

probes, respectively. (D, G and J) MIP images through the PA volumes of the human 

forearm acquired using 40 , 21 and 15 MHz frequency transducer probes, respectively. 

Reprinted with permission from Zafar et al., J Biomed Opt 2015; 20(5):051021. 
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PAI provides an integrated platform for structural and functional imaging by combining high 

contrast and spectroscopic based specificity of optical imaging with high spatial resolution of 

US imaging. Oxygenated haemoglobin (HbO2) has different absorption characteristics than 

deoxygenated haemoglobin (Hb) so an estimate of HbT and sO2 can be derived and displayed 

as a parametric map by imaging with different wavelengths of light.  

 For the HbT and sO2 estimates, we assumed that Hb and HbO2 are dominant 

absorbing components at two wavelengths 750 nm and 850 nm. HbT and sO2 can be 

calculated using the detected optical absorptions at the two applied wavelengths [271],  

 																				HbT HbO ]+	[Hb] = 
	 	 	

	
	                      Eq. (4.1) 

																														sO
	

	 	 	

	 	 	 		                    Eq. (4.2) 

 

where μa	 	 (cm-1) is the absorption coefficient; εHb and εHbO2	are	 the known molar extinction 

coefficients (cm-1 M-1) of Hb and HbO2 , respectively; Δ 	=	 ‐	 	;	[Hb]	and [HbO2]  

are the concentrations (in molar concentration) of the two forms of haemoglobin, 

respectively. 

 

 Figure 4.7 shows co-registered structural and functional images of the human forearm 

acquired using a 21 MHz frequency transducer probe. The acquired scans measured 40 

(length) x 22 (width) x 20 (depth) mm. Figure 4.7A shows a B-Scan of the fused PA and US 

image of the forearm skin for a 22 x 20 mm region acquired at 800 nm wavelength. Figure 

4.7B shows the volume rendered representation of the co-registered PA and US data of the 

forearm skin for a 40 x 22 x 20 mm region. Figure 4.7C shows a B-scan of the fused PA 

(HbT) and US image of the forearm skin for a 22 x 20 mm region acquired at 750 and 850 

nm wavelength. Figure 4.7D shows the volume rendered representation of the co-registered 

PA (HbT) and US data of the forearm skin for a 40 x 23 x 20 mm region acquired at 750 and 

850 nm wavelength. Figure 4.7E shows a B-Scan of the fused PA (sO2) and US image of the 

forearm skin for a 22 x 20 mm region acquired at 750 and 850 nm wavelength. Figure 4.7F 

shows the volume rendered representation of the co-registered PA (sO2)  and US data of the 

forearm skin for a 40 x 23 x 20 mm region acquired at 750 and 850 nm wavelength. 
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Figure. 4.7 In vivo co-registered PA/US structural and functional images of the human 

forearm acquired using 21 MHz frequency transducer probe: (A) fused PA and US 

vertical B-scan of the forearm skin for a 22 x 20 mm region acquired at 800 nm 

wavelength. (B) volume rendered representation of the co-registered PA and US data of 

the forearm skin for a 40 x 22 x 20 mm region acquired at 800 nm wavelength. (C) 

fused PA (HbT) and US B-scan of the forearm skin for a 23 x 20 mm region acquired at 

750 and 850 nm wavelengths. (D) volume rendered representation of the co-registered 

PA (HbT) and US data of the forearm skin for a 40 x 23 x 20 mm region acquired at 750 

and 850 nm wavelengths. (E) fused PA (sO2) and US B-scan of the forearm skin for a 23 

x 20 mm region acquired at 750 and 850 nm wavelengths. (F) volume rendered 

representation of the co-registered PA (sO2) and US data of the forearm skin for a 40 x 

23 x 20 mm region acquired at 750 and 850 nm wavelengths. Reprinted with permission 

from Zafar et al., J Biomed Opt 2015; 20(5):051021.  
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Figure 4.8 shows multi-wavelength PA images of the human forearm skin for a 22 x 20 mm 

region acquired using 21 MHz frequency transducer probe. Figure 4.9 shows example PA 

signal absorption in the selected region of interests (ROIs) within the human forearm skin 

over the range of wavelengths from 680 to 970 nm.  

 

Figure. 4.8 Multi-wavelength PA images of the human forearm skin for a 22 x 20 mm 

region acquired using 21 MHz frequency transducer probe. 

The reason for the strong PA signal on top of each PA image in Figure 4.8 is because of 

melanin which has a higher absorption coefficient than blood. Melanin tends to be highly 

localized in regions, such as the skin than being a major constituent of most tissue. It does not 

therefore tend to dominate PA image contrast in the way that haemoglobin does. However, it 

forms an important source of contrast for visualizing melanin rich structures such as certain 

pigmented lesions in the skin [104]. 



71 
 

 

Fig. 4.9 Example PA signal absorption in selected ROI in the human forearm over the 

range of wavelengths from 680 to 970 nm. 

Between 650 and 900 nm wavelengths the absorption coefficients of both HbO2 and Hb are at 

least an order of magnitude higher than the other major chromophores such as water, lipids 

and elastin that are present in blood vessels, connective tissues and other organ constituents. 

Chromophores such as melanin and haemoglobin absorb more strongly than other tissue 

chromophores and thus provide an obvious source of primary contrast [104]. 
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Figure 4.10 shows PA and US images of the psoriatic plaque located on the forearm skin 

acquired using 40 MHz frequency transducer probe at 800 nm wavelength. The acquired 

scans measured 30.5 (length) x 14 (width) x 10 (depth) mm. The photograph taken from the 

subject, showing the diseased skin examined by PA and US is shown in Figure 4.10A. Figure 

4.10B shows a B-Scan of the fused PA and US image of the forearm skin for a 14 x 10 mm 

region. Figure 4.10C shows the volume rendered representation of US data at of the forearm 

skin for a 30.5 x 14 x 10 mm region. Figure 4.10D shows the volume rendered 

representations of the co-registered PA and US data of the forearm skin for a 30.5 x 14 x 10 

mm region.  

 

Fig. 4.10 In vivo PA and US images of the psoriatic plaque using 40 MHz frequency 

transducer probe at 800 nm wavelength. (A) The photograph taken from the subject, 

showing the diseased forearm skin examined by PA and US. (B) B-Scan of the fused PA 

and US image of the forearm skin for a 14 x 10 mm region. (C) Volume rendered 

representation of US data at of the forearm skin for a 30.5 x 14 x 10 mm region. (D) 

Volume rendered representations of the co-registered PA and US data of the forearm 

skin for a 30.5 x 14 x 10 mm region. 
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Although PAI can provide vascular information at a high penetration depth, it has low spatial 

resolution for microcirculation imaging within human skin under psoriatic conditions (Figure 

4.10) and is an order of magnitude more expensive than OCT. The greater spatial resolution 

of OCT combined with correlation mapping processing makes it a better choice for in vivo 

microcirculation imaging within human skin under psoriatic conditions (Figure 3.3). 

 

4.2.2 Breast imaging 

Breast cancer is one of the most common cancers among females and each year more than 

450,000 women are diagnosed with the disease worldwide [272]. Conventional breast 

imaging techniques, like ultrasonography and x-ray mammography, mainly focus on 

morphological changes of breast tissue to differentiate benign from malignant tissue. 

However, sensitivity and specificity numbers for ultrasonography and x-ray mammography 

do not often exceed 85%. Ultrasonography is strongly operator dependent and x-ray 

mammography uses ionizing radiation and is not reliable in women with dense breasts [273]. 

  

 Tumor angiogenesis in which new microscopic blood vessels are formed that feed 

tumor cells and thereby support unregulated tumor expansion, plays a critical role in tumor 

growth and spread [274,275]. Therefore, tumor vascularisation is a crucial feature to be 

included in breast imaging. Dynamic Contrast Enhanced MRI (DCE-MRI) focuses on tumor 

vascularization. The high sensitivity of DCE-MRI for detecting breast cancer proves that 

vascularity can indeed provide additional information about the nature of tissue but this 

technique suffers from a limited specificity, requires the injection of contrast agents and is 

relatively expensive [276]. 

 

 The application of light in non-invasive diagnosis of cancer and its associated 

vasculature is gaining attention as it provides functional and molecular information without 

the use of ionizing radiation. In recent studies, it has been shown that diffuse optical 

tomography (DOT) can indeed visualize breast malignancies but this technique suffers from 

low spatial resolution [277]. The ability of PAI to detect vascularisation-driven optical 

absorption contrast associated with tumours compared to non-tumour tissue has been 

demonstrated. Further to this, in animal models, apoptotic changes in tumour vasculature 

were appreciable by PAI within 24 hours of treatment with antiangiogenic chemotherapy 
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[278]. The development of PAI capable of detecting early tumour response to systemic 

therapy could potentially revolutionise individualised breast cancer treatment.  

 Based on known changes in angiogenesis associated with tumour growth, we 

hypothesise that PAI will allow non-invasive visualisation of tumour response to neo-

adjuvant chemotherapy. This will enable assessment of in vivo chemotherapeutic 

effectiveness and individualisation of breast cancer treatments. We aim to optimise The PAI 

system for use in breast tissue and to investigate its ability to detect in vivo tumour response 

to chemotherapeutics. PAI system was set up in the symptomatic breast unit (SBU), Galway 

University Hospital so that clinical investigation of its efficacy in breast imaging could be 

conducted. Patients aged over 18 years, capable of providing informed consent were invited 

to participate in this study, regardless of their reason for attending the SBU. Once informed 

consent was obtained, PAI was performed. Patients lay supine on an examination couch in 

the clinic room and the hand-held PAI probe scanned over the contour of the patients 

breast(s). Breast images were acquired by Dr Maire Caitlin Casey (Discipline of Surgery, 

School of Medicine, NUIG). Images were captured in conjunction with patient 

clinicopathological details. Imaging of symptomatic patients commenced using a 21 MHz 

frequency transducer probe. Results obtained, comprising normal breast tissue, cyst, 

fibroadenoma and carcinoma, were analysed in terms of resolution, depth penetration and 

photoacoustic signal. Results from 6 patients highlighted sub-optimal depth penetration. To 

improve the depth penetration, 15 MHz frequency transducer probe was used. A further 12 

patients with a variety of breast pathology were imaged with this probe and the results 

analysed to identify ideal wavelength and perfusion analysis parameters. Depth penetration 

improved markedly, with optimal images visualized at 800 nm wavelength. The validation of 

PAI capable of imaging dense breast tissue and detecting early tumour response to systemic 

therapy could revolutionise breast cancer treatment, guiding and individualising the 

administration of chemotherapy. Figures 4.11, 4.12 and 4.13 show the US and PA images of 

the breast fibroadenoma, breast lactating adenoma and breast cyst respectively. 
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Figure. 4.11 US and PA images of the breast fibroadenoma. 

 

 
Figure. 4.12 US and PA images of the breast lactating adenoma. 

 

 
Figure. 4.13 US and PA images of the breast cyst. 

 

The reason for the strong PA signal at the bottom of Figures 4.12 and 4.13 is because of the 

PA gain saturation. While breast pathology localisation was readily identifiable via 

ultrasonography, optimisation of PAI needs to be done particularly in relation to time gain 



76 
 

compensation and image attenuation. Figures 4.14 to 4.16 show the US and PA images of the 

breast carcinoma. 

 

 

Figure. 4.14 US and PA images of the right breast carcinoma (7o'clock). 

 

 

Figure. 4.15 US and PA images of the right breast carcinoma (3o'clock). 

 

 

Figure. 4.16 US and PA images of the right breast carcinoma (3o'clock). 
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It can be seen from Figures 4.15 and 4.16 that the increased optical absorption arising from 

the higher vascularity of a tumour is revealed as a region of elevated contrast on the PA 

image that can be used to aid tumor detection and diagnosis. 

 

 Once definitive parameters are determined, patients newly diagnosed with breast 

cancer will be enrolled and periodically imaged, at diagnosis, mid-way through neo-adjuvant 

chemotherapy (cycle 3–5) and pre-operatively. Results will be compared to conventional 

imaging techniques and patient clinicopathological details. The validation of PAI capable of 

detecting early tumour response to systemic therapy could revolutionise breast cancer 

treatment, guiding and individualising the administration of chemotherapy. 

 

4.2.3 Carotid artery imaging  

Carotid artery disease also called carotid artery stenosis is a leading cause of stroke and an 

indication for other symptoms and diseases. Identification of carotid bruit during a physical 

examination or transient ischemic attack or a history indicating high risk for stroke or 

cardiovascular disease is an indication for carotid imaging. Carotid imaging is also 

recommended after carotid artery stenting. Carotid duplex ultrasound (DUS), the combination 

of conventional anatomical ultrasound and Color Doppler ultrasound can detect carotid artery 

stenosis with high sensitivity [279]. Computed tomography angiography (CTA) and magnetic 

resonance angiography (MRA) may also be employed for carotid artery imaging [280] but 

DUS is widely used because it provides images without ionizing radiation or contrast agents.  

 PAI can be also considered for carotid imaging as it resolves optical contrast with 

ultrasonic resolution and visualizes oxygenated and deoxygenated haemoglobin and a large 

range of optical agents. These features can be used to visualize molecular tissue changes, not 

only stenosis, and relates to the evaluation treatment protocols and or post-procedural follow 

up. Currently, intervention planning relies on the stenosis severity. However, only 15% 

patients benefit from this intervention. So in practice, the stenosis severity is unreliable 

criteria for the risk of plaque rupture. US can provide highly detailed information on plaque 

geometry and dispensability but does not provide the actual morphology. Multi-spectral PAI 

can be used to distinguish between different absorbing structures, which provides a more 

direct assessment of morphology. Therefore, PAI of lipid content of the atherosclerotic 

plaques can be used as a non-invasive tool to investigate the correlation of plaque rupture and 

the morphology.  
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Figure 4.17 shows in vivo PA and multi-modal US images of the human carotid artery for 22 

(width) x 24(depth)  mm region acquired using 21 MHz frequency transducer probe. Figure 

4.17A shows the conventional anatomical US image. Figure 4.17B shows the combined 

conventional anatomical US and power Doppler image. The Doppler gain and 2D gain were 

37 dB and 4 dB respectively. The dynamic range of the image contrast was 30 dB. Figure 

4.17C shows the PA image acquired at 800 nm wavelength. Figure 4.17D shows the fused 

PA/US image. Figures 4.17E and 4.17F show the US and PA images of the carotid artery at 

different viewing angle respectively. 

 

Figure. 4.17 PA and multi-modal US images of the human carotid artery for 22 x 24 mm 

region acquired using 21 MHz frequency transducer probe. (A) Conventional anatomical 

US image. (B) Combined conventional  anatomical US and power Doppler image. (C) PA 

image acquired at 800 nm wavelength. (D) Fused PA/US image. (E) Conventional 

anatomical US image at different viewing angle. (F) PA image of the carotid artery at 

different viewing angle. 
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Figure 4.18 shows multi-wavelength PA images of the human carotid artery for a 22 x 24 mm 

region acquired using 21 MHz frequency transducer probe at multiple wavelengths. Figure  

4.19 shows PA signal absorption in the carotid artery over the range of wavelengths from 680 

to 970 nm. 

 

 

Figure. 4.18 Multi-wavelength PA images of the human carotid artery for a 22 x 24 mm 

region acquired using 21 MHz frequency transducer probe at multiple wavelengths. 
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Figure. 4.19 Example PA signal absorption in the carotid artery region over the range of 

wavelengths from 680 to 970 nm. 

 
Between 600 and 1100 nm wavelengths (visible and NIR) absorption by lipids is significantly 

lower than that of haemoglobin. In order to identify lipid-rich regions such as those found in 

atherosclerosis plaques, the PA  images can be obtained at the peak lipid absorption 

wavelength of 1210 nm. 

 

4.3 Multi-scale microcirculation imaging using co-registered PA/US imaging and 

cmOCT  

Recently, there has been a huge interest in biomedical imaging to combine multiple imaging 

modalities to provide comprehensive insights into physiology. In this study the combination 

of PA/US imaging and cmOCT  was used for multi-scale in vivo imaging of human 

microcirculation. All the imaging was performed on a forearm region of a female volunteer 

aged 27 years with informed consent. The 3D PA, US and OCT scans from the same area of 

skin were acquired. The 3D PA (at 800 nm wavelength) and US scans were acquired using 21 

MHz frequency transducer probe using the same methods and materials as described in 

sections 4.1 and 4.2 of this chapter. The 3D PA/US acquired scans measured 17 (width) x 40 

(length) x 20 (depth) mm. The 3D OCT scans were acquired for processing according to 

cmOCT technique using the same methods and materials as described in sections 3.1 and 3.2 
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of chapter 3 of this thesis. The 3D OCT scans acquired measured 1024 (length) x 1024 

(width) x 512 (depth) pixels corresponding to study volume 5x5x3 mm. The resulting OCT 

volume was processed using the cmOCT technique with a 7x7 kernel in 116 s.  

 

 The results of the combined PA/US and cmOCT imaging are illustrated in Figure 

4.20. The photograph taken from the subject, showing the forearm skin examined by PA/US 

(red rectangle) and OCT (green square) is shown in Figure 4.20A. Figure 4.20B shows the 

3D structural OCT data for 5x5x3 mm region. Figure 4.20C shows the MIP image through 

the cmOCT volume. Figure 4.20D shows the combined OCT structural and functional data. 

Figure 4.20E shows the MIP through the PA volume. Figure 4.20F shows the co-registered 

PA and US data. 

 

Figure. 4.20 Combined PA/US and cmOCT imaging. (A) The photograph taken from the 

subject, showing the forearm skin examined by PA/US (red rectangle) and OCT (green 

square). (B) 3D structural OCT data. (C) MIP image through the cmOCT volume. (D) 

Combined OCT structural and functional data. (E) MIP through the PA volume. (F) Co-

registered PA and US data. 

 

The combination of  PAI and cmOCT bring several advantages. Firstly both are noninvasive 

and provide complementary imaging contrasts.  The absorption based contrast of PAI can be 

used to reveal the structure and oxygenation status of the microvasculature to depths of 

several millimetres whilst the scattering based contrast of cmOCT can reveal surrounding 

tissue microvasculature with high resolution. 
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5 Assessment of mesenchymal stem 
cells induced angiogenesis/ 
neovascularization in vivo with co-
registered photoacosutic-ultrasound 

 
 

Stem cell based treatments hold great promise for patients living with serious diseases such as 

cancer, Parkinson disease, Alzheimer disease, diabetes etc [281-286]. The remarkable 

properties of stem cells such as self-regeneration, differentiation into diverse specialized cells 

and production of paracrine factors offering hope for the renewal of tissues and organs for 

replacing damaged and diseased areas in the body [287,288]. Mesenchymal stem cells 

(MSCs) are believed to have an important role in tissue repair. Evidence in recent years has 

demonstrated that MSCs have potent immunomodulatory functions resulting in active 

suppression of various components of the host immune response [289].  

 

 For the current rate of progress to be maintained, non-invasive and reproducible 

methods to monitor and assess stem cell integration and survival in disease models are of 

paramount importance. Imaging techniques with high spatial and temporal resolution will 

enable accurate assessment of transplanted stem cells to disease loci in vivo over a long 

period of time, in pre-clinical (animal) models and ultimately, in clinical trials. Information 

obtained from such studies will also allow scientists and clinicians to optimise stem cell 

administration regimens (e.g. dose, route of administration, timing) and assess the efficacy of 

a cell based treatment. Stem cell tracking and analysis using optical imaging techniques offer 

many distinctive advantages such as non-invasiveness, resolution, high spatial and temporal 

sensitivity and adaptability, over other imaging modalities.    

 In this chapter, co-registered photoacoustic (PA)-ultrasound (US) was used for real 

time in vivo assessment of MSCs induced angiogenesis/neovascularization. In the first study, 

combined PA and US imaging was used in the assessment of  topical human MSCs seeded in 

Excellagen™ scaffold based treatment to a dermal wound on the male rabbit ear skin. The 
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objective of the second study was to create a critical size bone defect in the rat femur and 

then assess the ability of the differentiated  MSCs combined with bioceramics granules to 

repair the defect using high frequency co-registered PA/US imaging and micro computed 

tomography (μCT) over an 8 week period. 

 

5.1 Assessment of wound healing with topical MSCs based treatment on the rabbit ear 

ulcer model using co-registered PA/US imaging 

This study was performed in collaboration with Prof. Timothy O' Brien's group (Regenerative 

Medicine Institute (REMEDI), NUI Galway). The study was carried out in strict accordance 

with the recommendations in the Guide for the Care and Use of  Laboratory Animals of the 

National Institutes of Health. All the experiments and protocols were approved by the 

Committee on the Ethics of Animal Experiments of the National University of Ireland, 

Galway, Ireland. All the surgeries were performed by Dr. Swapnil Patel (REMEDI, NUI 

Galway), under anaesthesia and all efforts were made to minimize suffering.   

 3 male New Zealand  white rabbits (3–3.5 kg and 3–6 months of age) were used in the 

study (Harlan Ltd., Blackthorn, U.K.). The rabbits were housed in individual cages and in 

controlled temperature and humidity conditions with a 12-h light/dark cycle. They were fed 

with a standard chow and water ad libitum. All the animals were monitored throughout the 

study for any kind of distress. 

 

 After 2 weeks of acclimatization, rabbits were anaesthetized using Xylazine (5 mg/kg) 

and ketamine (35 mg/kg). Two wounds on each ear (total four wounds/animal) were created 

by using sterile, disposable 6 mm punch biopsies. Wounds were created and dermis exposed 

to the bare cartilage. Respective treatments were applied to these wounds. For cell treated 

wounds, 1 million hMSCs mixed in Excellagen™ were applied topically. After application of 

treatments, wounds were covered with a polyurethane dressing (Opsite*, Smith and Nephew, 

UK) and the ear was stitched and covered with adhesive dressing (Operfix; Promedicare, 

Ireland). A soft neck collar is applied to prevent the animal interfering with wound. The 

animal received 5 mg/kg enrofloxacin antibiotic (Baytril; Bayer, U.K.) and an analgesia 

postoperatively [290]. 
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An experimental set up used in this study is shown in Figure 5.1. An integrated PA and US 

imaging system (Vevo LAZR, Fujifilm VisualSonics) as described in section 4.1 of the 

Chapter 4 of this thesis was operated with a 40 MHz (center frequency) linear-array 

transducer probe. The 40 MHz transducer probe provides an axial, lateral and elevational 

resolutions of 45 μm, 140 μm and 154 μm respectively which determined the resolution 

volume of the transducer probe (9.70e-4 mm3). The probe consisted of 256 elements, divided 

in 4 quadrants each with 64 elements. The frame rate was 5 Hz (one quarter of the laser 

repetition rate). 

 

Figure. 5.1 (A) Schematic of the combined PA and US imaging system using 40 MHz 

frequency, 256 elements  linear-array transducer probe. (B & C) Experimental set up 

used for the PA/US assessment of wound healing with topical MSCs based treatment on 

the rabbit ear ulcer model. 

PA and US images were acquired after the 1st, 3rd and 7th week of the cells administration 

from other side of the ear without effecting the wound. Before every imaging session, the 

rabbit ear was shaved from both sides and the remaining hair was removed with Surgi cream 

and cleaned with deionised water. The rabbit was anesthetized with an appropriate dose of 

Xylazine (5 mg/kg) and ketamine (35 mg/kg) and anaesthesia was maintained with isoflurane 

gas with constant supply of oxygen. 
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The rabbit was positioned on a flat support and the ear skin was acoustically coupled to the 

transducer probe head through ultrasound gel (Aquasonic® 100) and successive in vivo PA 

and US images were acquired. 3D data sets were collected by linearly translating the 

transducer (with integrated optical fibres) with a stepper motor over a region of interest, 

while capturing each 2D image of the 3D stack. For the microvasculature, PA images were 

acquired at 800 nm wavelength and for the HbT and sO2 estimates, PA images were acquired 

at 750 and 850 nm wavelengths. 

 

 Figure 5.2 shows in vivo PA and US structural images of the healthy tissue of the 

rabbit ear skin acquired at 800 nm wavelength. The acquired scans measured 20.2 (length) x 

14.1 (width) x 10 (depth) mm. Figure 5.2A shows a single vertical (x-y) slice of the fused PA 

and US image of the ear skin for a 14.1 x 10 mm region. Figure 5.2B shows the volume 

rendered representation of the US data of the ear skin for a 20.2 x 14.1 x 10 mm region. 

Figures 5.2C and 5.2D show the volume rendered representations of the co-registered PA/US 

data at different viewing angles of the ear skin for a 20.2 x 14.1 x 10 mm region. Figure 5.2E 

shows the MIP image through the PA volume.  

 

Figure. 5.2  In vivo PA and US structural images of the healthy tissue of the rabbit ear 

skin for 20.2 x 14.1 x 10 mm. (A) B-Scan of the fused PA and US image of the rabbit ear 

skin. (B) Volume rendered representation of the US data of the ear skin. (C & D) Volume 

rendered representations of the co-registered PA and US data at different viewing angles 

of the ear skin. (E) MIP image through the PA volume. 
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Figure 5.3 shows in vivo PA and US functional images of the healthy tissue of the rabbit ear 

skin. An estimate of HbT and sO2 was derived and displayed as a parametric map by imaging 

with 750 and 850 nm wavelengths. The acquired scans measured 20.7 (length) x 14.1 (width) 

x 10 (depth) mm. Figure 5.3A shows a B-scan of the fused PA (HbT) and US image of the 

ear skin for a 14.1 x 10 mm region. Figure 5.3B shows the volume rendered representation of 

the co-registered PA (HbT) and US data of the ear skin for a 20.7 x 14.1 x 10 mm region. 

Figure 5.3C shows the MIP through the PA (HbT) volume. Figure 5.3D shows a B-Scan of 

the fused PA (sO2) and US image of the ear skin for a 14.1 x 10 mm region. Figure 5.3E 

shows the volume rendered representation of the co-registered PA (sO2) and US data of the 

ear skin for a 20.7 x 14.1 x 10 mm region. Figure 5.3F shows the MIP through the PA (sO2) 

volume. 
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Figure. 5.3 In vivo PA/US co-registered functional images of the healthy tissue of the 

rabbit ear skin for 20.7 x 14.1 x 10 mm region. (A) B-scan of the fused PA (HbT) and US 

image of the ear skin. (B) Volume rendered representation of the co-registered PA (HbT) 

and US data of the ear skin. (C) MIP through the PA (HbT) volume. (D) B-Scan of the 

fused PA (sO2) and US image of the ear skin. (E) Volume rendered representation of the 

co-registered PA (sO2) and US data of the ear skin. (F) MIP through the PA (sO2) 

volume. 
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Figure 5.4 shows the in vivo PA and US images of the wound on the rabbit ear skin acquired 

1 week after the cells administration. The photograph taken of the rabbit ear skin, showing 

the wound (red circle) examined by PA and US is shown in Figure 5.4A. Figure 5.4B shows 

the US image (B-scan) of the rabbit ear skin for a 14.1 x 10 mm region. Figure 5.4C shows 

the B-scan of the fused PA and US image of the rabbit ear skin for a 14.1 x 10 mm region. 

Figure 5.4D shows the B-Scan of the PA (sO2) image of the wounded rabbit ear skin for a 

14.1 x 10 mm region. sO2 average total and HbT average were calculated in three regions of 

interest (ROI) of equal areas (0.45 mm), selected on the rabbit ear skin. The sO2 average total 

inside a wound was found to be 70±0.1% compared to 82±0.1% and 81±0.1% in healthy 

regions. Figure 5.4E shows the B-Scan of the PA (HbT) image of the rabbit ear skin for a 

14.1 x 10 mm region. The HbT average (arbitrary unit (A.U))  inside a wound was found to 

be 21±0.5k as compared to 46±0.5k and 50±0.5k in healthy regions. 
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Figure. 5.4 In vivo PA and US images of the wound on the rabbit ear skin acquired 1 

week after the cells administration for 14.1 x 10 mm region. (A) Location of the wound 

on the rabbit ear skin. (B) B-Scan of the US image of the rabbit ear skin. (C) B-Scan of 

the fused PA and US image of the rabbit ear skin. (D) B-Scan of the PA (sO2) image of 

the rabbit ear skin. (E) B-Scan of the PA (HbT) image of the rabbit ear skin. 
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Figure 5.5 shows the in vivo PA and US images of the wound on the rabbit ear skin acquired 

3 weeks after the cells administration.  

 

Figure. 5.5 In vivo PA and US images of the wound on the rabbit ear skin acquired 3 

weeks after the cells administration. (A) B-scan of the US image of the rabbit ear skin 

for a 14.1 x 10 mm region. (B) B-scan of the fused PA and US image of the rabbit ear 

skin for a 14.1 x 10 mm region. (C) Volume rendered representation of the US data of 

the ear skin for a 20 x 14.1 x 10 mm region. (D) Volume rendered representation of the 

co-registered PA/US data of the ear skin for a 20 x 14.1 x 10 mm region. (E) Volume 

rendered representation of the PA data of the ear skin for a 20 x 14.1 x 10 mm region. 

(F) MIP image through the PA volume. (G) Volume rendered representation of the PA 

(HbT) data of the ear skin for a 15 x 14.1 x 10 mm region. (H) volume rendered 

representation of the PA (sO2) data of the ear skin for a 15 x 14.1 x 10 mm region. 
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Figure 5.6 shows the in vivo PA and US images of the wound on the rabbit ear skin acquired 

7 weeks after the cells administration.  

 

Figure. 5.6 In vivo PA and US images of the wound on the rabbit ear skin acquired 7 

weeks after the cells administration. (A) B-Scan of the US image of the rabbit ear skin 

for a 14.1 x 10 mm region. (B) B-scan of the fused PA and US image of the rabbit ear 

skin for a 14.1 x 10 mm region. (C) Volume rendered representation of the US data of 

the ear skin for a 14.7 x 14.1 x 10 mm region. (D) Volume rendered representation of 

the co-registered US/PA data of the ear skin for a 14.7 x 14.1 x 10 mm region. (E) MIP 

image through the PA volume. 

Figure 5.7 shows reduction in wound area and depth over time. The wound area and depth 

after 1 week of the cells administration was found to be 8.43 mm2 and 1.75 mm respectively. 

The reduction in wound area and depth after 3 weeks of cells administration compared to 

images obtained after 1 week of cells administration was found to be 22.5% (8.43 mm2 to 

6.53 mm2 ) and 40.6% (1.75 mm to 1.04 mm) respectively.  The reduction in wound area and 

depth after 7 weeks of cells administration compared to images obtained after 1 week of cells 

administration was found to be 64% (8.43 mm2 to 3.04 mm2 ) and 59% (1.75 mm to 0.71 mm) 

respectively.                                           



92 
 

    Figure. 5.7. Reduction in wound area and depth over time. 

After 10 weeks of treatment, rabbits were sacrificed with intravenous sodium pentobarbital 

overdose with prior sedation using Xylazine and Ketamine. The wounds were cut across the 

midline and fixed in 10% formalin for 24 h. The tissues were processed using a tissue 

processor and embedded in paraffin. Tissues were sectioned at three parts, separated by 300 

µm. Three sections were placed on one slide and stained with haematoxylin and eosin using 

standard protocols. Slides were analysed by Veterinary Sciences Center, University College 

Dublin for unbiased analysis. Figure 5.8 shows a representative example of cross-sectional 

image of wound stained with hematoxylin and eosin (scale bar, 0.1 mm).  

 Histology analysis showed that ear wounds healed normally without any 

morphological or tissue defects. This implies that hMSCs do not mediate any adverse effects 

at the site of administration and hMSCs seeded in an Excellagen™ scaffold can be safe to use 

for the treatment of diabetic ulceration. 
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Figure. 5.8  Representative example of cross-sectional image of wound stained with 

hematoxylin and eosin. Scale bar, 0.1 mm.  

 

 

5.2 Assessment of the reparative ability of differentiated MSCs in a rat critical size bone 

repair defect model using co-registered PA/US imaging and micro computed 

tomography 

This study was performed in collaboration with Dr. Mary Murphy's group (REMEDI, NUI 

Galway). The study was carried out in strict accordance with the recommendations in the 

Guide for the Care and Use of  Laboratory Animals of the National Institutes of Health. All 

the experiments and protocols were approved by the Committee on the Ethics of Animal 

Experiments of the National University of Ireland, Galway, Ireland. All the surgeries were 

performed by Sean Gaynard (REMEDI, NUI Galway), under anaesthesia and all efforts were 

made to minimize suffering. The  μCT imaging was performed by Dr. Cathal O' Flatharta 

(REMEDI, NUI Galway). 

 A rat femoral bone defect model was used to assess the ability of MSCs to form bone 

in vivo. 6 male Fischer rats (F344/NCRHSD) (Harlan Laboratories) between 12-16 weeks old 

were used for the study. To generate the defect, animals were anaesthetized using 5% 

isoflurane and oxygen and then maintained at 2.5% isoflurane during the surgery. Prior to the 

surgery, animals were shaved from their right leg up to the base of the rib cage and back to 

the spine. An incision was made with a scalpel along the length of the femur. The right femur 

was exposed by blunt dissection and the periosteum was carefully scraped away to expose the 

underlying bone. A weight bearing polyetheretherketone (PEEK) plate was held in place on 
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the femur using two bone clamps. Four Kirschner wire (K-wire) screws (0.9 mm diameter) 

were then drilled through the PEEK plate and femur. Bone clamps were removed and 

exposed screws were cut to be flush with the PEEK plate using bone cutters to prevent 

irritation to the animal. A gigli saw was used to cut bone to create 5 mm defect. The scaffold 

used to carry the MSC was a calcium phosphate bioceramic MBCP+® (Biomatlante SA, 

Nantes, France). The MBCP granules are a biphasic calcium phosphate (20%HA, 80% b-

TCP), containing both micropores and macropores (70%). This resorbable bioceramic has 

osteogenic properties, demonstrated for combination with MSCs [291,292] and after 

implantation in non osseous site [293,294]. 

 The study contained 3 experimental groups: (1) empty defect (ED), (2) a vehicle 

control which was the empty osteoconductive scaffold without cells (ES), and (3) MSC-

loaded MBCP+® granules. For the ES group, defect was left empty as described below. For 

the other groups, the scaffold was carefully fitted into the defect region and positioned using 

a curved forceps placed behind the scaffold for support and a forceps to position the scaffold. 

The scaffold was then held in place by sutures tired at either side of the defect region in 

between the two screws as to avoid any movement of the sutures which could interfere with 

the scaffold. The surrounding muscle was closed using interrupted stitches and subcutaneous 

tissue was sutured to reduce strain on skin sutures as recovered animals return to walking 

immediately. The skin was then sutured using continuous internal sutures to prevent the 

animal opening the wound site during grooming. Animals were allowed to recover by 

removal of isoflurane and left on oxygen until full recovery was observed. The entire surgery 

was performed on heating pads to counter the effect of isoflurane on the animal’s ability to 

regulate body temperature. Pain relief and antibiotics were given to the animal prior to 

surgery and for 3 days post operatively. As this was a xenogenic model of bone repair 

transplanting human MSCs to rats, animals required immunosuppression daily for first 3 

weeks post operatively. Immunosuppression drugs were administered daily at 1 mg/kg/day of 

FK506 and 0.5 mg/kg/day of SEW2871 daily. The surgical procedure for the development of 

critical size rat bone defect is shown in Figure 5.9. 
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Figure. 5.9. Surgical procedure for generation of rat femoral critical size defect model. 

 

An experimental set up used for PA/US imaging in this study is shown in Figure 5.10. An 

integrated PA/US imaging system (Vevo LAZR, Fujifilm VisualSonics), as described in 

section 4.1 of the Chapter 4 of this thesis was operated with 21 MHz frequency linear-array 

transducer probe. The transducer probe consisted of 256 elements, divided in 4 quadrants 

each with 64 elements and provides an axial and lateral resolutions of 75 μm and 158 μm 

respectively. 
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Figure. 5.10 (A) Schematic of the combined PA and US imaging system using 21 MHz 

frequency, 256 elements linear-array transducer probe. (B) Experimental set up used for 

the PA/US assessment of reparative ability of MSCs in a rat critical size bone 

repair defect model. 

 

PA and US images were acquired after 4 and 8 weeks of the surgery. Before every imaging 

session, the rat was anaesthetized using 5% isoflurane and the imaged area was shaved. 

Anaesthesia was maintained at 2.5% isoflurane during the imaging which took approximately 

15mins. The rat was positioned on a flat support and the skin was acoustically coupled to the 

transducer probe head through ultrasound gel (Aquasonic® 100) and successive in vivo 

PA/US images were acquired. 3D data sets were collected by linearly translating the 

transducer (with integrated optical fibres) with a stepper motor over a region of interest, 
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while capturing each 2D image of the 3D stack. Multi-wavelength (680-970 nm) PA images 

were acquired. 

 

 Bone formation was assessed at 4 and 8 weeks using a Scanco Medical 40 µCT 

system (Scanco Medical, Bassersdorf, Switzerland) evaluating with a 70 kVp x-ray source at 

110 µA.  The rat was anesthetized using 5% isoflurane gas and the anaesthesia was 

maintained with 2% isoflurane thereafter. Six constructs were analysed per experimental 

group. 3D scans were generated to visualise mineral deposition within the defect region. 

Scans were performed at medium resolution. Typically 211 slices were taken over 6.5 mins. 

Defect region was selected as the region between the inner screws, excluding the screws 

themselves, to reduce variation in samples.  

 Figure 5.11 shows in vivo PA and US structural images of the rat bone defect area 

from empty defect group, acquired after 4 and 8 weeks of the surgery. Figures 5.11A and B 

shows the 2D US images for 23 (width) x 22 (depth) mm region, acquired after 4 and 8 

weeks of surgery respectively. The location of PEEK plate and K-wire metallic screws are 

also shown in these figures. Figures 5.11C and D show the 2D PA images for 23 (width) x 22 

(depth) 15 (length) mm region acquired at  800 nm wavelength after 4 and 8 weeks of the 

surgery respectively. Figures 5.11E and F show the rendered PA volumes for 23 (width) x 22 

(depth) 15 (length) mm region acquired at 800 nm wavelength after 4 and 8 weeks of the 

surgery respectively. The maximum intensity projection (MIP) images of selected region of 

interest (ROI) of the defect regions are also shown in these figures. Figures 5.11G and H 

show the rendered co-registered PA/US volume for 23 (width) x 22 (depth) 15 (length) mm 

region, acquired after 4 and 8 weeks of surgery respectively. 
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Figure. 5.11 In vivo PA and US structural images of the of the rat bone defect area from 

empty defect group, acquired after 4 and 8 weeks of the surgery. (A and B) 2D (B-scan) 

US images for 23 (width) x 22 (depth) mm region acquired after 4 and  8 weeks of 

surgery respectively. (C and D) 2D PA images for 23 (width) x 22 (depth) 15 (length) 

mm region, acquired at 800 nm wavelength after 4 and 8 weeks of surgery respectively. 

(E and F) Rendered PA volumes for 23 (width) x 22 (depth) 15 (length) mm region, 

acquired at 800 nm wavelength after 4 and 8 weeks of surgery. MIP images  of selected 

ROI of the defect regions are also shown in these figures. (G and H) Rendered co-

registered PA/US volume for 23 (width) x 22 (depth) 15 (length) mm region, acquired 

after 4 and 8 weeks of surgery respectively. 

 

Figure. 5.12 shows the PA signal amplitude in a selected ROI (A= 10 mm2) of the defect 

areas from empty defect group (for one rat) over the range of wavelengths (680 to 970 nm), 

after 4 and 8 weeks of surgery. The PA signal average after 8 weeks of surgery was found 

much higher than the PA signal average from the same region after 4 weeks of the surgery. 
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Figure. 5.12 PA signal amplitude in a selected ROI of the defect areas from empty defect 

group over the range of wavelengths (680 to 970 nm) after 4 and 8 weeks of surgery. 

 

Figure 5.13 shows in vivo PA functional images of the rat bone defect area from the empty 

defect group acquired after 4 and 8 weeks of the surgery. Figures 5.13A and B show B-scans 

of the fused PA (sO2) and US image of the defect areas for 23 (width) x 22 (depth) mm 

region, acquired after 4 and 8 weeks of the surgery, respectively. Figures 5.13C and D show a 

B-scan of the fused PA (HbT) and US images of the defected area for 23 (width) x 22 (depth) 

mm region, acquired after 4 and 8 weeks of the surgery, respectively. A lot of effort was 

made to ensure the measurements were somewhat comparable such as same region, same 

settings and coupling. The measured sO2 average (%) in a selected ROI (A=10 mm2) of the 

defect area was 57±0.1% as compared to 73±0.1% in a no defect area after 4 weeks of the 

surgery. The measured sO2 average (%) from the same ROI of the defect area after 8 weeks 

of the surgery was 51±0.1%. The measured HbT average (A.U.) in selected ROI (A = 10 

mm2) of the defect area was 45±0.5k as compared to 53±0.5k of the no defect area after 4 

weeks of surgery. The measured HbT average from the same ROI of the defect area after 8 

weeks of the surgery was 96±0.5k.  
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Figure. 5.13 In vivo PA functional images of the rat bone defect area from empty defect 

group, acquired after 4 and 8 weeks of the surgery. (A and B) B-scans of the fused PA 

(sO2) and US image of the defected area for 23 (width) x 22 (depth) mm region, 

acquired after 4 and 8 weeks of the surgery respectively. (C and D) B-scans of the fused 

PA (HbT) and US image of the defected area for 23 (width) x 22 (depth) mm region, 

acquired after 4 and 8 weeks of the surgery respectively. 

 

The sO2 average (%) and HbT (A.U.) measurements in the rate bone defect region from the 

empty defect group are summarized in Table 5.1. 

 

Table 5.1. The measured sO2 average and HbT in a selected ROI 

(A=10 mm2) of the rat bone defect area from the empty defect group 

acquired after 4 and 8 weeks of the surgery. (Values are: Mean±SD) 

Post-surgery weeks sO2 (%) HbT (A.U) 

4 Weeks 57±0.1 45±0.5k 

8 Weeks 51±0.1 96±0.5k 

 

Bone formation was assessed using μCT after 4 and 8 weeks of the surgery. Representative 

µCT images of the rat bone defect site between screws from empty defect group after 4 and 8 
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weeks of the surgery are shown in Figure 5.14. Figure 5.14A shows the µCT image after 4 

weeks of the surgery. Figure 5.15B shows the µCT image after 8 weeks of the surgery. 

 
Figure. 5.14 Representative µCT images of defect site between screws (white asterix) 

from empty defect group after (A) 4 weeks of the surgery (B) 8 weeks of the surgery. 

 

Figure. 5.15 shows in vivo PA and US structural images of the rat bone defect region treated 

with MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), acquired 

after 8 weeks of the surgery. 

 

 

Figure. 5.15 In vivo PA and US structural images of the of the rat bone defect region 

treated with MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), 

acquired after 8 weeks of the surgery. (A) 2D (B-scan) US image for 23 (width) x 21 

(depth) mm region. (B) 2D PA image for 23 (width) x 21 (depth) mm region acquired at 

800 nm wavelength. (C) Rendered  US volume for 23 (width) x 21 (depth) 15 (length) 

mm region. (D) Rendered PA volume for 23 (width) x 21 (depth) 15 (length) mm region 

acquired at  800 wavelength. MIP image of selected ROI of the defect region. (E) 

Rendered co-registered PA/US volume for 23 (width) x 21 (depth) 15 (length) mm. 

Reprinted with permission from Zafar et al., Proc SPIE 2016; 9708: 970853. 
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Figure 5.16 shows the average PA signal amplitude in a selected ROI of the defect region 

treated with MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), 

acquired after 8 weeks of the surgery over the range of wavelengths (680 to 970 nm). The PA 

signal amplitude was found much lower than the PA signal amplitude of the defect area from 

empty defect group after 8 weeks of the surgery (Figure 5.12).  

 

Figure. 5.16 Average PA signal amplitude in a selected ROI of the defect region treated 

with MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), acquired 

after 8 weeks of the surgery over the range of wavelengths (680 to 970 nm). Reprinted 

with permission from Zafar et al., Proc SPIE 2016; 9708: 970853. 

 

 

Figure 5.17 shows in vivo PA functional images of the rat bone defect region treated with 

MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), acquired after 8 

weeks of the surgery. The measured average sO2 (%) values in a selected ROI were 59±0.1% 

and 57±0.1% (Figure 5.17A) as compared to 51±0.1% from a selected ROI of the defected 

area from empty defect group (Figure 5.13B) after 8 weeks of surgery. The measured HbT 

average (A.U) values in a selected ROI were 70±0.5k  and 59±0.5k  (Figure 5.17B) as 

compared to 96±0.5k  from a selected ROI of the defected area from empty defect group 

(Figure 5.14D) after 8 weeks of surgery.  
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Figure. 5.17 In vivo PA functional images of the rat bone defect region treated with 

MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), acquired 

after 8 weeks of the surgery. (A) B-scan of the PA (sO2) image of the defect for 23 

(width) x 21 (depth) mm region. (B) B-scan of the PA (HbT of the defect for 23 (width) x 

21 (depth) mm region. Reprinted with permission from Zafar et al., Proc SPIE 2016; 

9708: 970853. 

 

Figure 5.18 shows the representative µCT images of the rat bone defect site between screws 

treated with MSCs cultured in 10% fetal bovine serum (FBS) under normoxia (21% O2), 

acquired after 4 and 8 weeks of the surgery.  

 

 
Figure. 5.18  Representative µCT images of the rat bone defect site between screws 

(white asterisk) treated with MSCs cultured in 10% fetal bovine serum (FBS) under 

normoxia (21% O2) acquired after ( A) 4 weeks of the surgery (B) 8 weeks of the 

surgery. 

 

Both animal studies were exploratory in nature and the presented results included a limited 

population size. The presented results show that linear-array based high frequency co-

registered PA/US provides high spatial and temporal resolution, sensitivity at sufficient 

depths (up to 30 mm) for the non-invasive assessment of MSCs induced 

neovascularization/angiogenesis in vivo. The 3D microvasculature, HbT and sO2 maps 

obtained will be useful for optimising  and real time monitoring of stem cell therapy. 
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6 Assessment of coronary artery 
stenosis with intracoronary optical 
coherence tomography derived 
measurements 

 
 

The revascularization of intermediate coronary stenosis, having stenosis diameter of 40% to 

70% on angiography, involves detailed characterization to answer the associated anatomic 

and physiologic issues. Quantitative coronary angiography (QCA) has advanced to provide 

more accurate measurements related to coronary vascular tree and complex lesions, but the 

un-incorporated parameters such as length, entrance angle, coefficient of separation of 

laminar flow in QCA, the assessment of intermediate coronary stenosis via angiogram or 

QCA is imprecise [295]. Therefore additional diagnostic methods are used to determine the 

clinical impact of such stenosis. The fractional flow reserve (FFR) technique, which measures 

the pressure gradient across an artery stenosis, is considered as a gold standard in the 

functional assessment of intermediate coronary stenosis [296-300]. Intravascular ultrasound 

(IVUS) is a catheter based imaging technique used for anatomic and morphological 

assessment of lesions and is capable to provide information about lumen area, vessel area and 

plaque burden. Several studies have investigated the use of IVUS in the identification of 

severe stenosis using FFR as a standard tool [301-307]. Intracoronary OCT (IOCT) is 

relatively new imaging technique which is analogous to IVUS but uses near-infrared light 

rather than sound waves. IOCT provides high resolution (typically 10 times higher than 

IVUS) cross-sectional tomographic images of coronary arteries and deployed stents [308]. 

The higher spatial resolution of IOCT as compared to IVUS enables better details of the 

luminal-intima boundary and allows lumen area measurements with excellent reproducibility 

[309-313]. Intracoronary FD-OCT systems are now being widely used in modern 

catheterization laboratories globally because of their higher frame rates, faster image 

acquisition speeds and greater scan depths as compared to TD-OCT systems [314]. 
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The differences between functional and anatomical evaluation of coronary stenosis has been 

under debate over the last two decades. Coronary angiography was previously used as a 

standard tool in the assessment of coronary artery disease, but has inbuilt limitations for this 

purpose [315]. Although IVUS is better than angiography for luminal measurements, but 

measurements performed with IVUS do not take into account size, viability and the presence 

of collateral circulation which are key features in the assessment of the stenosis severity 

[298]. FFR can overcome these limitations and its ability to perform per stenosis assessment 

results in excellent clinical outcome [299,316], but FFR cannot provide information which 

IVUS or OCT can e.g. plaque vulnerability. Apart from lumen measurements, OCT can also 

provide details about plaque rupture and calcification etc. which are not only helpful in 

deciding whether the treatment is required or not but also guide the procedure. The 

combination of anatomical and physiological information provided by FD-OCT and FFR can 

be extremely useful for decision making and guiding intervention in patients with serial 

stenoses as FFR alone may underestimate the true functional significance of both the 

proximal and distal lesions [317]. 

  The main objectives of this study were: (1) to determine the correlation 

between FFR and FD-OCT measured anatomical parameters, (2) to determine the diagnostic 

efficiency of FD-OCT derived anatomical parameters in identifying severe coronary stenosis 

as determined by FFR, (3) to determine the correlation between FFR and FD-OCT derived 

blood flow measurements, (4) to determine the diagnostic efficiency of FD-OCT derived 

blood flow measurements in identifying severe coronary stenosis as determined by FFR.  

 

6.1 Fractional flow reserve (FFR) 

FFR is a stenosis specific, physiological index determining the hemodynamic severity of 

intracoronary stenoses. FFR identifies stenosis responsible for ischemia with high accuracy 

which in many cases would have been undetected or not correctly assessed by QCA or IVUS. 

FFR is defined as the maximum achievable blood flow in stenotic coronary artery divided by 

maximum blood flow in the same artery without stenosis. FFR value is calculated as the ratio 

of distal coronary pressure (pressure behind a stenosis) to proximal coronary pressure 

(pressure before the stenosis) during maximum hyperemia, as shown in Figure 6.1. The result 

is an absolute number; an FFR value ≤0.8 (means that given stenosis causes a 20% or more 
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drop in blood pressure) is considered clinically significant and is treated as an indication of 

severe stenosis.  

        

 

Figure. 6.1 Measurement of FFR in stenotic coronary artery. FFR value is calculated as 

the ratio of mean distal coronary pressure (Pd) to mean proximal coronary pressure 

(Pa). 

 

During coronary catheterization, a catheter is inserted into the radial or femoral arteries using 

a sheath and guide wire. Maximum hyperemia (blood flow) is induced by injecting products 

such as adenosine or papaverine and a small pressure sensor on the tip of the wire is used to 

measure pressure to determine the exact severity of the stenosis. The pressures across the 

vessel are recorded by performing pullback of the pressure wire. 

 

6.2 Evaluation of hemodynamically severe coronary stenosis as determined by FFR with 

FD-OCT measured anatomical parameters 

41 coronary stenoses were examined in 30 patients scheduled for coronary angiography due 

to stable angina and/or ischemia documented on exercise stress test at University Hospital 

Galway, (UHS), Ireland between October 2011 and May 2013. QCA analysis, FFR 

measurement, FD-OCT imaging and analysis were performed in all patients. They all had at 

least 1 target vessel with stenosis (> 30% diameter stenosis by visual estimation). Serial 

stenosis, left main stenosis, stenosis located in culprit vessels of acute coronary syndromes, 

bypass graft stenosis and anatomical characteristics that limits the advancement of OCT 

catheter were excluded from the study. The study was approved by Galway clinical research 

ethics committee and the informed consents were obtained from the patients. 

 

6.2.1 Materials and methods 

Angiographic views were acquired after intracoronary administration of nitrates (0.1 mg) 

according to standard procedures [295,296]. The QCA analysis was performed using QCA 

 

FFR
Mean distal coronary pressure	 pd

Mean proximal coronary	pressure	 Pa
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software (CASS II, Pie Medical Imaging, BV, Maastricht, The Netherlands) separately 

blinded to the results of OCT and FFR. The reference vessel diameter (RVD), stenosis length 

(SL), percent diameter stenosis (%DS), percent area stenosis (%AS), and minimal lumen 

diameter (MLD) were measured using the QCA software. Figure 6.2 shows an angiographic 

view of an intermediate coronary stenosis with measured %DS and %AS. 

 

 

Figure. 6.2 An angiographic view of an intermediate coronary stenosis with measured 

%DS and %AS. Reprinted with permission from Zafar et al., SPIE BiOS 2014; 8926: 

89263M.  

ILUMEIN (St. Jude) percutaneous coronary intervention (PCI) optimization system was used 

in the present study. This system is the integrated technology that combines wireless FFR 

measurement and FD-OCT imaging in one platform which provides advanced physiological 

and anatomical information with precise measurements of stenosis dimensions, vessel size 

and structure to improve the diagnosis and treatment of coronary artery disease. 

 FFR measurement was performed using Pressure Wire™ Aeris (St. Jude Medical, San 

Diego, California), a wireless tool to measure FFR in coronary artery stenosis. Maximal 

hyperaemia was induced by intravenous adenosine managed at 140 µg/ kg/min. A wireless 

device Wi-Box™ was used to receive aortic pressure readings wirelessly. FFR was calculated 

as the ratio of intracoronary distal pressure to the proximal pressure during hyperaemia. 

Stenoses were considered severe if FFR ≤0.80 [296]. Figure 6.3 shows FFR measurement for 

an intermediate coronary stenosis. 
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Figure. 6.3 FFR measurement for an intermediate coronary stenosis. Pa is the proximal 

to the lesion pressure and Pd is the distal to the lesion pressure. FFR is calculated as the 

ratio of Pd to Pa. 

The OCT imaging of the target stenosis was performed using commercial frequency domain 

OCT system (C7XR) and the Dragonfly catheter (St. Jude Medical). This system uses a 

swept source laser with central wavelength of 1300 nm which provides an axial resolution of 

15μm and tissue penetration of 2 mm. The lateral resolution of the system is 25 μm. The 

pullback speed of 20 mm/s was used and the blood clearance was performed by injecting iso-

osmolar contrast at 37°C through the guiding catheter.  

 OCT measurements and analysis were performed using the Lightlab Imaging 

software. The cross-section with the smallest lumen area and the reference cross section 

(frame with the largest lumen within 10 mm proximal or distal to minimal lumen area (MLA) 

and before any side branch) were selected for analysis. The MLA and MLD were measured at 

the cross section with smallest lumen area. Reference lumen area (RLA) was measured at 

reference cross section. %AS was computed as: (RLA– MLA)/ (RLA) x 100. The region 

around the MLA where the lumen area is less than 50% of the reference lumen area was 

taken as SL. Figure 6.4A shows an angiographic view of an intermediate coronary stenosis. 

The location of stenosis (red arrow) and OCT imaged section (red dotted lines) are shown in 

this figure.  Figures 6.4B1 to B4 show corresponding OCT cross sectional images with 

measured lumen dimensions at various locations. Figure 6.4C shows the longitudinal OCT 

reconstruction of the artery showing the stenosis length and locations of OCT  cross sectional 

images. 
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Figure.  6.4 (A) Angiographic view showing an intermediate coronary stenosis (red 

arrow) and OCT imaged segment (red dotted lines). (B) OCT cross sectional images (B1 

to B4) with measured lumen dimensions at various locations; B1 is the minimum lumen 

area. (C) Longitudinal OCT reconstruction of the artery showing the stenosis length and 

locations of OCT cross sectional images (B1to B4). Reprinted with permission from Zafar 

et al., J Cardiol 2014; 64(1): 19-24. 

 

Fibrous (homogeneous, signal-rich region), calcified (signal-poor region with defined edges) 

and lipid (signal-poor region with diffuse edges) plaques were identified using FD-OCT. 

Sudden attenuation of signal behind thin diffuse fibrous cap was considered highly suggestive 

of vulnerable plaque. 

 

 The statistical analysis was performed using Medcalc software version 12.5 (Ostend, 

Belgium). Continuous variables are expressed as mean ± standard deviation and categorical 

variables are expressed as percents. The relationship between FFR and FD-OCT derived 

parameters were analyzed using linear and non linear regression analysis to determine the 

correlation coefficients between FFR and FD-OCT. The p value less than 0.05 was 
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considered as significant. The receiver operating characteristics (ROC) curve analysis, which 

includes estimation of area under the curve (AUC), determination of optimal cut-off value to 

predict an FFR ≤0.8, and related sensitivity, specificity, positive predictive value (PPV) and 

negative predictive value (NPV), was performed to determine the diagnostic efficiency of 

FD-OCT in identifying severity of stenosis. The diagnostic efficiency was classified 

according to AUC values as low (less than 0.70), moderate (0.70 to 0.90) and high (greater 

than 0.9) [318]. 

 

6.2.2 Correlation between FFR and FD-OCT measured anatomical parameters 

The measurements related to 41 coronary stenoses in 30 patients were analyzed with FFR, 

QCA and FD-OCT. The clinical data and stenosis characteristics obtained through QCA and 

FD-OCT are presented in Table 6.1. The mean age of the patients was 64±11 years, and 24 

patients (80%) were male. The mean MLA and MLD by OCT were 2.53±0.92mm2 and 

1.41±0.37mm, respectively. The FFR value was ≤0.80 in 10 stenoses (24.4%). The 

comparative analysis in FD-OCT measurements between stenosis with FFR >0.80 and those 

with FFR ≤0.80 are presented in Table 6.2. 
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Table 6.1.  Clinical data and stenosis characteristics by QCA and FD-OCT (Values are 

mean ± standard deviation or n (%)). Reproduced with permission from Zafar et al., J 

Cardiol 2014; 64(1): 19-24. 

 
 
Clinical characteristics (n=30) 
 
Age, yrs                                                         

 
64±11 

Male, n (%)                                                                  24 (80) 
HTN, n (%)                                                                   25 (83.3) 
DM, n (%)                                                                    9 (30) 
Smoking, n (%)                                                            10 (33.3) 
Dyslipidemia, n (%)                                                   24 (80) 
Family history of coronary disease,  n (%)              18 (60) 
Clinical presentation, n (%) 
     Stable angina                                                 21 (70) 
     Unstable angina                                              3 (10) 
     Atypical/Asymptomatic                             6 (20) 
 
Angiographic stenosis characteristics (n=41) 
 
Vessel investigated, n (%) 

 

     LAD 27 (65.8) 
     RCA     5 (12.2) 
     LCX 3 (7.3) 
     OM1                                                               3 (7.3) 
     Ramus intermedius                                     2 (4.8) 
     D1    
Reference diameter(mm)                                                   
    <3mm (n (%)) 
     ≥3mm (n (%)) 
Stenosis length (mm) 
Minimal lumen diameter (mm) 

1 (2.4) 
2.28±0.77 
 33(80.5) 
 8(19.5) 
9.28±4.26 
1.45±0.58 

Diameter stenosis, %                                       45±10.7 
Area stenosis, %                                                                  68 ±12.1 
 
FD-OCT stenosis characteristics (n=41) 
 
Minimal lumen area, mm2                                                 2.53±0.92 
Minimal lumen diameter, mm                                                                  1.41±0.37 
Reference lumen area, mm2                       7.35±3.21 
Lumen area stenosis, %   
Fibrous plaque, n (%)                                                        
Calcium plaque, n (%) 
Lipid Plaque, n(%)                      

63±13.6 
35(85.3) 
12(29.2) 
11(26.8) 

Vulnerable plaques by OCT criterion, n (%)      8(19.5)  
  
                                                              

                                                
 
HTN = Hypertension; DM= Diabetes Mellitus; LAD = Left Anterior Descending Artery; RCA = Right 
Coronary Artery; LCX = Left Circumflex Coronary Artery; OM1 = First Obtuse Marginal Artery; D1 = First 
Diagonal Artery. 
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Table 6.2.  Differences in FD-OCT measurements between stenosis With FFR >0.80 or ≤ 

0.80 (Values are mean ± standard deviation). Reproduced with permission from Zafar et 

al., J Cardiol 2014; 64(1): 19-24. 

  
FFR <0.80 (n=10) 

 
FFR >0.80 (n=31)     

 
       p value 

 
Minimal lumen area (MLA), mm2 

 
1.78±0.89 

 
2.77±0.80            

    
        0.001 

Minimal lumen diameter (MLD), mm 1.13±0.45 1.49± 0.29         0.002 
Reference lumen area, mm2 5.58±2.43 7.92±3.26          0.02 
Percent area stenosis (%AS), % 68±10.5 61±14.2          0.10 
    
 
 

The relationship of FD-OCT anatomical parameters and FFR is graphically presented in a 

scatter plot with the corresponding coefficients of determination (Figures 6.5 to 6.7). Highest 

R-squared values were obtained for quadratic model. A week but significant (p<0.05) 

correlation between FFR and FD-OCT measured MLA (r2 = 0.4, p<0.001), MLD (r2 = 0.28, 

p<0.001) and %AS (r2 = 0.13, p=0.02) was found.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 
Figure. 6.5 Correlation between FFR and FD-OCT measured MLA. Reprinted with 

permission from Zafar et al., J Cardiol 2014; 64(1): 19-24. 
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            Figure. 6.6 Correlation between FFR and FD-OCT measured MLD. Reprinted with 

permission from Zafar et al., J Cardiol 2014; 64(1): 19-24. 

 

 

 

            Fig. 6.7 Correlation between FFR and FD-OCT derived %AS. Reprinted with 

permission from Zafar et al., J Cardiol 2014; 64(1): 19-24. 
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A weak but significant correlation between QCA and FD-OCT measured %AS (r2 = 0.23, 

p<0.01) was found as shown in Figure 6.8.  

 

Figure. 6.8 Correlation between FD-OCT and QCA measured %AS.  

 

Figure 6.9 shows the Bland-Altman analysis for FD-OCT and QCA measured %AS. The 

mean differences between the measurements were 0.05±0.14 (limits of agreement: -0.26 to 

0.37). 

 

Figure. 6.9 Bland-Altman plot for FD-OCT and QCA measured %AS. 
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6.2.3 Diagnostic efficiency of FD-OCT measured anatomical parameters in identifying 

severe coronary stenosis as determined by FFR 

 

The ROC curves for FD-OCT measured MLA, MLD and %AS are presented in Figures 6.10 

to 6.12. In the overall group, the diagnostic efficiency of MLA and MLD in identifying 

significant stenosis was moderate. The area under the curve (AUC) was 0.80 (95% 

confidence interval (CI): 0.64 to 0.91) for MLA and 0.76 (95% CI: 0.60 to 0.88) for MLD. 

Low diagnostic efficiency was found for FD-OCT derived %AS (AUC: 0.63, 95% CI 0.46 to 

0.79). The best cut-off values of OCT measured lumen parameters to identify stenosis with 

FFR ≤0.80 were 1.62 mm2 (specificity 97%, sensitivity 70%, PPV 89% and NPV 91%) for 

MLA and 1.23 mm (specificity 87%, sensitivity 70%,  PPV 64% and NPV 90%) for MLD. 

 

 

Figure. 6.10 ROC curve for FD-OCT measured MLA to predict FFR≤0.80. Reprinted with 

permission from Zafar et al., J Cardiol 2014; 64(1): 19-24. 
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Figure. 6.11 ROC curve for FD-OCT measured MLD to predict FFR≤0.80. Reprinted with 

permission from Zafar et al., J Cardiol 2014; 64(1): 19-24. 

 

 

Figure. 6.12 ROC curve for FD-OCT measured %AS to predict FFR≤0.80.  
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A comparison of ROC curves for FD-OCT and QCA measured %AS to predict FFR≤0.80 is 

shown in Figure 6.13. The AUC for %AS by OCT and QCA was 0.63 and 0.55 respectively. 

 

 

Figure. 6.13 A comparison of ROC curves for FD-OCT and QCA measured %AS to predict 

FFR≤0.80. 

 

When the stenoses were divided according to vessel reference diameter of 3 mm, 24.2% (8 of 

33) of small vessel stenoses and 25% (2 of 8) of large vessel stenoses had FFR value ≤ 0.8. 

To assess the influence of vessel size on the ability of FD-OCT to identify severe coronary 

stenoses, we analyzed the subgroup of stenoses located in vessels having diameter less than 

3mm as measured by QCA. The ROC curve is shown in Figure 6.14. The diagnostic 

efficiency of MLA in identifying significant stenosis in vessels having reference diameter < 

3mm was high (n=33). The AUC was 0.96 (95% CI: 0.83 to 1.0) with a best cutoff value of 

1.6 mm2 (specificity 100%, sensitivity 88%,   NPV 96% and PPV 100%). Appropriate 

anatomic criteria to predict FFR ≤ 0.8 could not be found in vessels having reference 

diameter > 3mm because of small population size (n=8) and no stenosis with MLA < 3mm2 

had FFR ≤ 0.8. 
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Figure. 6.14 ROC curve for FD-OCT measured MLA to predict FFR≤0.80 in vessels with a 

reference diameter <3mm. Reprinted with permission from Zafar et al., J Cardiol 2014; 

64(1): 19-24. 

 

FD-OCT measured MLA was the best parameter among the different evaluated anatomical 

parameters to predict the functional significance of stenosis. FD-OCT identified best cut-off 

value of 1.62 mm2 for MLA, showed a diagnostic efficiency of 80% with 97% specificity and 

91% NPV. Therefore, MLA >1.62mm2 may be useful to exclude FFR ≤0.80. OCT measured 

MLD cut-off value of 1.23 mm showed a moderate diagnostic efficiency of 76% with 90% 

NPV. Therefore, OCT had a moderate value to exclude FFR ≤0.8 when MLD >1.23 mm.  

FD-OCT identified optimal cut-off value for MLA ≤1.62 mm2 and MLD ≤1.23 mm to predict 

FFR ≤0.8 were smaller than the typically used IVUS optimal cutoff values. Several studies 

assessing the diagnostic efficiency of IVUS in identifying stenosis severity as determined by 

FFR have demonstrated the different optimal cutoff values for MLA (range, 2.0–4.0 mm2) 

according to the reference lumen areas (5.5–11.9 mm2) to predict the functional significance 

of coronary stenosis [299,300,302,303].  The mean reference lumen area in the present study 

7.35 mm2 was relatively small which might have led to smaller FD-OCT derived MLA cut-

off value of 1.62mm2. 

0

20

40

60

80

100
Minimum lumen area (Vessels <3mm)

0 20 40 60 80 100

100-Specificity

S
e

n
si

tiv
ity

AUC = 0.96
95% CI: 0.83 to 1.0



119 
 

This study included a limited sample population so further investigations are suggested to 

confirm the results. The use of FFR in vulnerable coronary stenoses such as located in the 

culprit vessel of acute syndromes, remains debatable so the presented results are applicable to 

stable stenoses only. The functional severity of coronary stenosis depends not only on 

anatomical severity itself, but also on other factors like location of the stenosis, perfusion 

region of vessel in where the target stenosis exists etc. so anatomical parameters do not 

always predict the functional significance of the stenosis. 

 

6.3 Assessment of coronary artery stenosis with FD-OCT derived blood flow 

measurements: Validation against FFR 

20 coronary stenoses were studied in 15 patients planned for coronary angiography due to 

stable angina and/or ischemia documented on exercise stress test. All patients had at least one 

target vessel with single de novo stenosis with %DS >30% by visual estimation. Patients with 

an additional stenosis in second coronary artery were also included in the study if the other 

inclusion criteria were fulfilled. Patients having multiple stenoses in target vessel, left main 

stenosis, bypass graft stenosis and acute myocardial infarction were excluded from the study. 

  

 

6.3.1 Materials and methods 

QCA analysis, FFR measurement and FD-OCT imaging and analysis were performed in all 

patients using the same methods and materials mentioned in section 6.2.1. Furthermore, the 

proximal reference lumen area and diameter were measured at the frame with  largest 

intraluminal area proximal to the stenosis. Similarly, distal reference lumen area and diameter 

were measured at the frame with largest intraluminal area distal to the stenosis. Figure 6.15 

shows FD-OCT B-scans (cross-sectional images) of the vessel wall with calculated lumen 

measurements at different locations; reference frame proximal to stenosis with largest 

intraluminal area, frame with minimum intraluminal area and reference frame distal to 

stenosis with largest intraluminal area.  
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Figure. 6.15 (A1) Reference frame proximal to stenosis with largest intraluminal area. 

(A2) Frame with minimum intraluminal area. (A3) Reference frame distal to stenosis with 

largest intraluminal area. (B) Longitudinal OCT reconstruction of the artery showing 

locations of OCT  B-scans (A1 to A3). Reproduced from Zafar et al., Int Heart J 2014; 

55(4): 307-311. 

 

The blood flow measurements in coronary artery stenosis, which include blood flow 

resistance of the stenotic segment and FD-OCT derived FFR are based on a lumped 

parameter model of the blood flow resistances through a stenosed branch of a coronary artery 

under hyperemic conditions as shown in Figure 6.16 [319]. In this model the blood flow (Q) 

driven by the difference between the arterial pressure (Pa) and the coronary venous pressure 

(Pv) is limited by the total flow resistance (RT) of the branch, which is composed of the sum 

of the three resistance elements, 

																																																						RT = Rs(Q)+ Re+ Rmv  																																																													Eq. (6.1) 

where Rs is the blood flow resistance of the stenotic segment, Re is the blood flow resistance 

of the length of vessel outside the FD-OCT imaged segment and Rmv is the microvascular 

resistance of the peripheral coronary vascular bed. In general the values of all three resistance 

elements depend on Q, but only Rs is shown explicitly as function of Q, because Rmv and Re 

are only weakly flow dependent under conditions of maximum vasodilation. 
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Figure. 6.16 Lumped parameter model of the blood flow resistances through  a stenosed 

branch of a coronary artery [319]. 

During drug-induced hyperemia, Rmv is given by, 

                                                                                                                                       Eq. (6.2) 

 

where Qmax is the maximum blood flow that can be acheived in the branch when Rs+Re → 0 

(i.e., drop across the epicardial arteries is negligble).  

																																																												Qmax = vmax An                                        Eq. (6.3) 

vmax is the mean hyperemic Doppler blood velocity measured in a normal refernce segment 

of the artery and An is the cross-sectional area of lumen of the proximal reference segment. 

Eq. 6.2 can be written as: 

                                                                                                                   Eq. (6.4) 

 

The quantity in brackets is the hyperaemic microvascular resistance index (h-MRv). h-MRv 

was set equal to the minimum value measured by Doppler flowmetry in previous studies (100 

mm Hg·s–1/cm) [320]. 
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Re was calculated using Poiseuille's law, 

                                                                                                                                       Eq. (6.5) 

 

where  is the viscosity of the blood (which is normally 3 × 10−3 to 4 × 10−3 Pa.s at 37 °C) 

and 	is the area equal to the average of the proximal and distal reference lumen areas. Le 

can be found by subtracting the length of FD-OCT pullback (5.4 cm) from the total length of 

the epicardial coronary branch (we assume 8 cm for the main coronary areteries LAD, LCX 

and RCA). 

 

 Rs which consists of two flow-independent components, Rp and Rv, that result from 

viscous losses and a flow dependent component, keQ, that results from kinetic losses, was 

calculated using analytical method developed by Kirkeeide, Gould and others [321,322].  

 

                                                                                                                   Eq. (6.6) 

 

Rp is the losses due to  viscous wall friction and was calculated by using Poiseuille's law; 

 

                                 	 8 	 ∑ 	 ∑ 	                        Eq. (6.7) 

 
 

Rp equals the difference of total integrated viscous losses along the vessel and the losses in 

the exit region where flow separation occurs. The exit regions were defined as the segment of 

the artery within which the exit angle exceeds a threshold value (typically 5o). Based on 

results of experiments by Kirkeeide C1= 0.86. 

 

The second flow independent component of Rs in Eq. 6.6, Rv  represents the additional 

viscous losses that occur at the entrance of sudden narrowings of the vessel wall is given by, 

 

                                                                                                                  Eq. (6.8) 
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where dp is the proximal reference diameter and Am is the minimum lumen area of the 

stenosis, C2= 0.45. 

 

 The flow dependent component of Rs includes viscous entrance losses and losses due 

to flow separation and recirculation at the exit regions of narrowed regions of artery. At high 

flow rates and in vessels with highly irregular cross sections, the effective resistance of the 

blood vessel can significantly exceed that predicted by Poiseuille’s law. According to 

Kirkeeide, 

 

                                                                                                                  Eq. (6.9) 

 

where  is the mass density of the blood flow and Ad is the cross-sectional area of lumen of 

the distal reference segment and C3 =1.21+0.08(ls/dd). ls is  the stenosis length and dd is the 

diameter of lumen diatal of the distal reference segment. 

                                                                                                                 Eq. (6.10) 

 

 

where Pa-Pv = 90 mmHg and R' =Re+Rmv+Rp+Rv. 

FD-OCT derived FFRFD-OCT was computed as; 

                                                                                                                 Eq. (6.11) 

              

A relationship between FFR and FD-OCT derived blood flow measurements in coronary 

artery stenosis were determined using linear regression analysis. A p value <0.05 was 

considered as significant.  

 

6.3.2 Correlation between FFR and FD-OCT derived blood flow measurements 

20 coronary stenoses in 15 patients were analysed with QCA, FFR and FD-OCT. The patient 

data and stenosis characteristics obtained through QCA are presented in Table 6.3. The mean 
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age of the patients was 63±13 years. 11 patients (73%) were male. 12 patients (80%) had 

hypertension and  6 (40%) had diabetes mellitus. The left anterior descending artery (LAD) 

was the most common studied vessel with 12 stenoses (60%). The mean RVD, SL, MLD, 

%DS and %AS by QCA were 2.15±0.58 mm, 8±4.37 mm, 1.27±0.48 mm, 44.8±12.2% and 

68±13.6%  respectively. The FFR value was ≤0.80 in 5 stenoses (25%). The mean MLA, 

MLD and %AS by FD-OCT were 2.39±1.15 mm2, 1.36±0.39 mm and 63.4±12.8% 

respectively. The difference in FD-OCT measurements between stenosis with FFR ≤0.80 

(n=5) and those with FFR >0.80 (n=15) are presented in Table 6.4.  

 

 Figure 6.17 shows the correlation between measured FFR and FD-OCT derived 

stenosis resistance (Rs). There was a good and significant correlation between FFR and FD-

OCT derived Rs (r = 0.77, p < 0.001). Figure 6.18 shows the correlation between measured 

FFR and FD-OCT derived FFR. There was a good and significant correlation between 

measured FFR and FD-OCT derived FFR (r = 0.80, p < 0.001). Figure 6.19 shows the Bland-

Altman analysis for FD-OCT derived FFR. The mean differences between the measurements 

were 0.07±0.097 (limits of agreement: -0.05 to 0.19). 
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Table 6.3.  Clinical data and stenosis characteristics (Values are mean ± standard 

deviation or n (%)). Reproduced from Zafar et al., Int J Cardiol: Heart & Vasculature 

2014; 5: 68-71.  

 
 
Patients data (n=15) 
 
Age, yrs                                                         

 
63±13 

Male, n (%)                                                                  11 (73) 
HTN, n (%)                                                                   12 (80) 
DM, n (%)                                                                    6(40) 
Smoking, n (%)                                                            7 (47) 
Dyslipidemia, n (%)                                                   13 (87) 
Family history of coronary disease,  n (%)               8(53) 
Clinical presentation, n (%) 
Stable angina                                                 10 (67) 
Unstable angina                                              1 (6) 
Atypical/Asymptomatic                             4 (27) 
 
Stenosis characteristics (n=20) 
 
Stenosis Location, n(%) 
LAD 12 (60) 
RCA     3 (15) 
LCX 3 (15) 
OM1                                                               1 (5) 
Ramus intermedius                                     1 (5) 
   
QCA parameters (n=20) 
 
Reference vessel diameter (mm)                                       
Lesion length (mm) 
Minimal lumen diameter (mm) 
Diameter stenosis, %      

 
 
 
2.15±0.58 
8±4.37 
1.27±0.48 
44.8±12.2 

Area stenosis, %                                                                68±13.6 
 
                                                         

                                                
 
HTN = Hypertension; DM= Diabetes Mellitus; LAD = Left Anterior Descending Artery; RCA = Right 
Coronary Artery; LCX = Left Circumflex Coronary Artery; OM1 = First Obtuse Marginal Artery; D1 = First 
Diagonal Artery: QCA= Quantitative Coronary Angiography. 
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Table 6.4.  Differences in FD-OCT measurements between Stenosis with FFR > 0.80 or ≤ 

0.80 (Values are mean ± standard deviation). Reproduced from Zafar et al., Int J 

Cardiol: Heart & Vasculature 2014; 5: 68-71. 

  
  

FFR <0.80 (n=5) 
 

FFR >0.80 (n=15)     
 
       p value 

 
Minimal lumen area (MLA), mm2 

 
  1.15±0.25 

 
2.8±1.03             

    
        0.001 

Minimal lumen diameter (MLD), mm   0.91±0.11   1.50± 0.33         < 0.001 
Proximal reference lumen area, mm2 

Proximal reference lumen diameter, mm 

Distal reference lumen area, mm2 

Distal reference lumen diameter, mm 

  4.15±0.52 
  2.29±0.14 
  10.64±6.4 
  3.53±1.12 

 6.42±2.48 
 2.78±0.52 

  12.28±4.67 
 3.86±0.81 

        0.03 
        0.03 
        0.27 
        0.27 

Percent area stenosis (%AS), % 70.2±4.6 61.2±13.9         0.08  
Stenosis Resistance (Rs), mmHgcm-3.s 12.3±5.2 

      
3.54±2.49 

 
 

        < 0.001 
         
 

 

 

 

Figure. 6.17 Correlation between FFR and FD-OCT derived stenosis resistance. 

Reproduced from Zafar et al., Int J Cardiol: Heart & Vasculature 2014; 5: 68-71. 
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Figure. 6.18 Correlation between measured FFR and FD-OCT derived FFR. 

 

 

Figure. 6.19 Bland-Altman plot for measured FFR and FD-OCT derived FFR. 
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In this study a relatively small RMSE (± 0.091 FFR units) was found between FD-OCT 

derived FFR and measured FFR. The principles that lie behind computation of image analysis 

based FFR can also be applied to IVUS but the accuracy of measuring lumen dimensions in 

tight stenosis may limit its ability in this application. Koo BK et al, [323] predicted the FFR 

values non invasively using coronary computed tomography. The predicted FFR values were 

based on a computational flow model and showed significant improvements over single 

cross-sectional measurements. The achieved RMSE of 0.116 FFR units in their study was 

bigger than the RMSE (± 0.091 FFR units) achieved with FD-OCT derived FFR in the 

present study. 

 FD-OCT derived blood flow measurements presented in this study correlate more 

closely with FFR than the OCT measured anatomical parameters MLD, MLA and %AS. 

Blood flow measurements were derived from the volumetric analysis of the lumen profile 

with FD-OCT, on the other hand anatomical parameters MLD, MLA and %AS were derived 

from single image cross sections.  

 

6.3.3 Diagnostic efficiency of FD-OCT derived blood flow measurements in identifying 

severe coronary stenosis as determined by FFR 

The ROC curves for FD-OCT derived stenosis resistance and FFR are presented in Figures 

6.20 and 6.21. The diagnostic efficiency of FD-OCT derived stenosis resistance and FFR in 

identifying significant stenosis was high. The AUC was 0.96 (95% confidence interval (CI): 

0.77 to 1.0) for both stenosis resistance and FFR. 
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Figure. 6.20 ROC curve for FD-OCT derived stenosis resistance to predict FFR≤0.80. 

 

Figure. 6.21 ROC curve for FD-OCT derived FFR to predict FFR≤0.80. 
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FD-OCT identified best cut-off value of ≤ 0.75 for FFR, showed a high diagnostic efficiency 

of 96% (sensitivity 100%, specificity 93.3%, NPV 100% and PPV 83.26%). Therefore FD-

OCT derived FFR ≤0.75 may be useful to include FFR ≤0.80. The excellent lumen 

measurement capability of FD-OCT combined with blood flow resistances model, that also 

take into account microvascular resistance and volume integrated pressure losses, improves 

the predictive ability of FD-OCT derived blood flow measurements (Figures 6.20 and 6.21) 

as compared to intraluminal parameters; MLA, MLD and %AS (Figures 6.10 to 6.12). 

 The present study was exploratory in nature and the presented results included a 

limited population size so further investigations are suggested to confirm the results. 

Although the study includes stenoses in the major coronary arteries, the methods for 

calculating blood flow resistances may not hold in all locations of the coronary vasculature. 

Furthermore, the number of patients studied were small to derive meaningful cut-off values 

for stenting decisions so the FD-OCT derived blood flow measurements introduced in this 

study should not be considered as substitute for the pressure derived FFR in primary stenting 

decisions. 
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7 Conclusions and future directions 

 
 

The work described in this thesis details the development and applications of optical imaging 

techniques, optical coherence tomography (OCT) and photoacoustic imaging (PAI), for the 

purpose of diagnosing and treating diseases which are related to microcirculation, skin 

conditions and the cardiovascular system.  

 

7.1 Human microcirculation imaging under diseased conditions using correlation 

mapping OCT 

In this work, the feasibility of cmOCT for in vivo imaging of human microcirculation under 

diseased conditions was investigated. The cmOCT technique uses dense scanning OCT image 

acquisition and post processing software based on correlation statistics. The cmOCT 

technique was used for in vivo microcirculation imaging of human forearm under normal and 

psoriatic conditions. 3D structural and functional (microcirculation) maps of the healthy 

tissue and the psoriatic plaque were obtained using the cmOCT technique. The presented 

results indicate that cmOCT allows not only the identification of the microvessels, but also 

produces more detailed microvascular networks showing how the blood vessels relate to each 

other in healthy tissue and within the plaque. The presented results help in characterizing 

psoriasis in terms of vessel depth and density. The cmOCT technique is even useful for 

treatment plan assessment in skin cancers, capillary malformations and related diseases. The 

knowledge of the 3D microvascular architecture in the healthy tissue and the diseased tissue 

would certainly help in identifying personalized treatments. The  image acquisition speeds 

can be drastically reduced using a  faster scanning OCT system, as speeds of up to 1 MHz 

have been reported in the literature [324]. Through the application of broader bandwidth light 

source and better optics, it is possible to image capillaries.  

 

 Coronary atherosclerosis remains a leading cause of global morbidity and mortality. 

The feasibility of intra coronary OCT correlation mapping to investigate the role of coronary 

microvessels in human atherosclerosis was also studied. The capability of correlation 

mapping algorithm using IOCT system at detecting flow velocities was demonstrated on the 
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phantom model. The correlation mapping algorithm was applied to image flow from in vivo 

images of the coronary arteries of patients, but found that it is very difficult to achieve 

functional images with the current commercially available clinically approved IOCT systems 

and through correlation mapping processing. The clinical IOCT systems are mainly designed 

and optimised to carry out high pull back speed for structural imaging of coronary arteries. 

Thus the systems generate under sampled cross-sectional images in the pullback direction and 

as result correlation mapping algorithm does not work. 

 

7.2 Linear-array based co-registered PA/US imaging on humans 

PA imaging with a linear-array based probe can provide a convenient means of imaging the 

human microcirculation and adds functional information. In this work, a small animal pre-

clinical PAI system was optimised for human imaging. A combined PA and US imaging 

based on a multi-element linear-array transducer combined with multichannel collecting 

system was used for volumetric structural and functional human imaging under normal and 

diseased conditions. In vivo 3D co-registered PA and US images from different sites within 

human skin such as forearm, breast and carotid were obtained by linearly translating the 

transducer with a stepper motor over a region of interest, while capturing 2D images using a 

range of high frequency transducer probes (15 MHz to 40 MHz).  

 The 3D microvasculature, HbT and sO2 maps obtained will be useful for clinical 

imaging applications such as management of cancer including screening, diagnosis, treatment 

planning, therapy monitoring and accurate measurement of metabolic rate during early 

diagnosis and treatment of various skin and subcutaneous tissue disorders. High frequency 

linear-array transducer probes used in this study are similar in style, shape and use to regular 

hand-held clinical ultrasound probes, which can easily be acoustically coupled to the skin and 

moved around while imaging in real time. We believe that a reflection type probe used in this 

study is most likely to succeed in real clinical applications. Its advantages include ease of use, 

speed and familiarity for radiographers and clinicians. 

 

7.3 Assessment of mesenchymal stem cells (MSCs) induced 

neovascularization/angiogenesis in vivo with co-registered PA/US  
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Stem-cell based treatments hold great potential and promise to address many unmet clinical 

needs. Stem cell tracking and analysis using optical imaging techniques offer many 

distinctive advantages over other imaging modalities. In the first study, combined PA and US 

imaging using a 40 MHz frequency linear-array transducer was used in the assessment of  

topical human MSCs seeded in Excellagen™ scaffold based treatment to a dermal wound on 

the male rabbit ear skin. In vivo 3D PA and US images of the healthy tissue and the wound 

were acquired after 1st, 3rd and 7th week of the cell administration. 3D co-registered PA/US 

structural and functional images were obtained. Rabbits were sacrificed after 10 weeks of the 

cell administration and histologolical analysis was performed on the wounds. Histology 

analysis showed that MSCs delivered in an Excellagen™ scaffold demonstrate normal wound 

healing without any morphological or tissue defects.  

 In second study, combined PA and US imaging using 21 MHz frequency linear-array 

transducer probe was used in the assessment of reparative ability of MSCs in a rat critical 

size bone repair defect model. A critical size bone defect in the rat femur was created and 

then the ability of human bone marrow derived MSCs to form bone was studied using co-

registered PA/US imaging and micro computed tomography (μCT) over an 8 week period. In 

vivo 3D multi-wavelength PA and US images of the defected bone in the rat femur were 

acquired after 4 and 8 weeks of the surgery. 3D co-registered PA/US structural and the 

functional images were obtained. Bone formation was assessed using μCT after 4 and 8 

weeks of the surgery.   

 The presented results show that linear-array based co-registered PA/US provides high 

spatial and temporal resolution and sensitivity at sufficient depths (up to 30 mm) for the non-

invasive assessment of MSCs induced neovascularization/angiogenesis in vivo. The 3D 

microvasculature, HbT and sO2 maps obtained will be useful for optimising  and real time 

monitoring of stem cell therapy. 

 

7.4 Assessment of coronary artery stenosis with intra-coronary OCT derived 

measurements 

The usefulness of fractional flow reserve (FFR) in evaluating functional severity of 

intermediate coronary stenosis is well established. Similarly intra-coronary OCT continues to 

be a promising imaging technique for the assessment of coronary artery disease (CAD). 

Frequency domain (FD-OCT) overcomes many technical limitations of time domain OCT 
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(TD-OCT). In this work, the correlation between measured FFR and FD-OCT derived 

anatomical parameters and blood flow measurements were determined. Blood flow 

measurements in coronary artery stenosis were derived from the volumetric analysis of the 

vessel segments imaged by FD-OCT. The diagnostic efficiency of FD-OCT derived these 

anatomical parameters and blood flow measurements in identifying severe coronary stenosis 

as determined by FFR were also determined. 

 We found a weak but significant correlation between FFR values and FD-OCT 

measured anatomical parameters; minimal lumen area (MLA) , minimal lumen diameter 

(MLD) and percent area stenosis (%AS) in a study performed on 30 patients. In the overall 

group, the FD-OCT measured MLA and MLD have moderate diagnostic efficiency in 

identifying the severity of stenosis. FD-OCT measured MLA has high efficiency in 

identifying significant stenosis in vessels having reference diameter less than 3 mm. We 

found a good and significant correlation between FFR and FD-OCT derived blood flow 

measurements; stenosis resistance and FFR. The FD-OCT derived stenosis resistance and 

FFR have high diagnostic efficiency in identifying the severity of stenosis. The assessment of 

coronary artery stenosis severity based on FD-OCT derived blood flow measurements can 

overcome many technical limitations of the QCA and IVUS and have potential to become 

helpful tool in the assessment of CAD. 
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