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Chapter 3 

Energy-efficient Bessel beams: a tool 
to alter image quality  
3  

 

3.1 Optical beam shaping  

As seen in Section 2.3, OCT image quality is characterised by several descriptors, such as, 

axial and transverse resolution, sensitivity, penetration depth, contrast, speckle contrast, etc. 

Characterisation and improvement of these descriptors can be achieved in a variety of 

ways. Often, improvement of one or more of these descriptors leads to the degradation of 

some other. In this chapter, we will explore one fundamental way of altering image quality 

by using differently shaped optical beams to interrogate biological tissue and form an 

image. 

Sample illumination in OCT is typically performed using a focussed optical beam with a 

Gaussian transverse profile, called a Gaussian beam. In this case, the transverse beam width 

varies with depth according to the Rayleigh range criterion [153]:  
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where 𝑧𝑧 is the axial distance, 𝜔𝜔0 is the 1 𝑒𝑒2⁄  of peak intensity beam waist radius in focus, 

𝜆𝜆0 is the centre wavelength, and the Rayleigh distance 𝑧𝑧𝑅𝑅 =  𝑖𝑖0
2

𝜋𝜋𝜆𝜆0
 defines the distance over 

which the cross-sectional area of a Gaussian beam doubles its value at focus. The 

transverse resolution in OCT is dictated by the width of the focussed beam in tissue. 

However, even without considering at this stage the influence of sample-induced 

aberrations and scattering, there exists a trade-off, as one cannot increase the transverse 

resolution without reducing the depth of field (see Section 2.3.1). This is a fundamental 

problem in OCT imaging for two reasons: firstly, it limits the transverse resolution and, 

secondly, it results in a depth-dependent transverse resolution. 
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Several groups have proposed solutions to this problem based on both software and 

hardware approaches. A technique proposed in [181], interferometric synthetic aperture 

microscopy (ISAM) preserves the transverse resolution using a computationally intensive 

deconvolution algorithm applied to the OCT 3-D phase-resolved data set in post-

processing. The accuracy of ISAM depends on the SNR, which drops with distance from 

the focal plane and with the signal attenuation inside the tissue.  

 
Figure 3-1. Trade-off between the DOF and transverse resolution in OCT, at wavelength of 0.84 µm in air. (a) Quadratic 
relationship between transverse resolution and DOF. (b) Low NA beam. (c) High NA beam. The ratio of NAs (high to 
low – (c) to (b)) equals 3, as does the ratio of transverse resolution. The ratio of DOFs equals 1/9, whilst the ratio of peak 
power equals 9. 

To improve image quality without compromising image accuracy, hardware techniques 

have been proposed [38, 165, 182-185].  

The first suite of these techniques is based on dynamic focussing of a Gaussian beam 

with either the sample optics or the sample stage moving axially to produce a depth scan. 

The drawback of such techniques is the need of mechanically moving system parts during 

the axial acquisition, an issue limiting acquisition speed, especially of FD-OCT, by several 

orders of magnitude.  

The second suite of techniques are based on shaping the optical beam that illuminates 

the sample. To maintain a more uniform transverse resolution with depth and, therefore, 
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extend the DOF, many groups concentrated on the generation of quasi non-diffracting, or 

propagation-invariant, beams [186].  

3.1.1 Hermite-Gaussian beams, Laguerre-Gaussian beams and non-
diffracting beams 

The Helmoltz scalar wave equation, Eq. (2-1), can be simplified by making the paraxial 

approximation [187], i.e., where wave propagation is limited to directions within a small 

angle, 𝛽𝛽, of the optical axis, so that sin𝛽𝛽 ≅ 𝛽𝛽, tan𝛽𝛽 ≅ 𝛽𝛽, and cos𝛽𝛽 ≅ 1 to within 5% 

relative error, as: 
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There are several beam-like (finite-energy propagating) solutions to Eq. (3-2). The 

Gaussian beam is one such solution and the complex amplitude 𝑈𝑈(𝒓𝒓) of the Gaussian 

beam takes the form [153]: 
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and the radial coordinate, 𝜌𝜌, is given by 𝜌𝜌2 = 𝑥𝑥2 + 𝑦𝑦2. The Gaussian beam is not the only 

beam-like solution of the paraxial Helmholtz equation. Other solutions include beams with 

non-Gaussian transverse intensity distributions. Of particular interest are solutions that 

share the paraboloidal wavefronts of the Gaussian beam, but exhibit different intensity 

distributions. Beams of paraboloidal wavefronts are of importance since they match the 

curvatures of spherical mirrors of large radius. They can, therefore, reflect and propagate 

between two spherical mirrors that form a resonator, largely without being altered. Such 

self-reproducing waves are called the modes of the resonator. The Hermite-Gaussian 

beams form a complete set of solutions to the paraxial Helmholtz equation, including the 

Gaussian beam in the 0th order; solutions that are possible due to the separability in 𝑥𝑥 and 

𝑦𝑦 in the paraxial Helmholtz equation as written in Cartesian coordinates. Any other 

solution can be written as a superposition of these beams. However, this family is not the 

only one. Another complete set of solutions applicable when the propagation space has 

cylindrical symmetry, known as Laguerre-Gaussian beams, may be obtained by writing the 

paraxial Helmholtz equation in cylindrical coordinates (𝜌𝜌,𝜃𝜃, 𝑧𝑧) and using separation of 

variables in 𝜌𝜌 and 𝜃𝜃, instead of 𝑥𝑥 and 𝑦𝑦. 
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Any light beam whose energy is confined to a finite region around its axis of 

propagation is subject to diffractive spreading as it propagates in free space. The Rayleigh 

distance is the characteristic length beyond which the spreading effect of diffraction 

becomes increasingly noticeable. This is the case for all beams that we have considered so 

far: Gaussian, Hermite-Gaussian or Laguerre-Gaussian beams with beam waist 𝜔𝜔0 

diverging with a far-field divergence angle of atan � 𝜆𝜆
𝜋𝜋𝑖𝑖0

�. However, there exists a family of 

laser beams which maintain a constant transverse intensity profile along the propagation 

direction, so-called non-diffracting beams, which were first described by Durnin in 1987 

[188]. 

Group theory demonstrates that there are only four different coordinate systems where 

the Helmholtz equation is separable [189], yielding invariant solutions along the 

propagation axis: plane waves in Cartesian coordinates, Bessel beams in circular cylindrical 

coordinates [188], Mathieu beams in elliptic cylindrical coordinates [190], and parabolic 

beams in parabolic cylindrical coordinates [191]. Airy beams are a special category of 

accelerating shape-preserving beams that can also satisfy the Helmholtz equation [192, 

193]. 

 

Bessel beams 

An ideal Bessel beam of infinite transverse extent is a non-diffracting beam with constant 

intensity profile as a function of axial distance. The cross-sectional profile of these beams 

consists of a set of concentric rings, mathematically described by a Bessel function. In fact, 

for a wave with the complex amplitude 𝑈𝑈(𝒓𝒓) = 𝐴𝐴(𝑥𝑥,𝑦𝑦)𝑒𝑒−𝑖𝑖𝑖𝑖𝑘𝑘 to satisfy the paraxial 

Helmholtz equation, Eq. (3-2), the complex transverse amplitude, 𝐴𝐴(𝑥𝑥,𝑦𝑦), takes the form 

𝐴𝐴(𝑥𝑥,𝑦𝑦) = 𝐴𝐴𝑚𝑚𝐽𝐽𝑚𝑚(𝑘𝑘𝑇𝑇𝜌𝜌)𝑒𝑒𝑖𝑖𝑚𝑚𝜙𝜙, with 𝜌𝜌2 = 𝑥𝑥2 + 𝑦𝑦2, 𝑚𝑚 = 0, ±1, ±2, …  where 𝐽𝐽𝑚𝑚(∙) is the 

Bessel function of the first kind and 𝑚𝑚𝑡𝑡ℎ order, 𝐴𝐴𝑚𝑚 is a constant, and  𝑘𝑘𝑇𝑇 = �𝑘𝑘2 − 𝛽𝛽2. 

For 𝑚𝑚 = 0, the wave complex amplitude becomes  

𝑈𝑈(𝒓𝒓) = 𝐴𝐴0𝐽𝐽0(𝑘𝑘𝑇𝑇𝜌𝜌)𝑒𝑒−𝑖𝑖𝑖𝑖𝑘𝑘. (3-4) 

In sharp contrast to Gaussian beams, the energy density of Bessel beams is no longer 

exclusively confined to the vicinity of the propagation axis. Thus, an ideal Bessel beam 

cannot be realized in practice, since producing a beam whose transversal profile is invariant 

with longitudinal distance would require an infinite aperture and infinite energy. However, 

approximations of Bessel beams can be created experimentally. One popular means is by 

illuminating a conical lens, known as an axicon [194], which can be used to provide 

uniform transverse resolution over distances up to several millimetres, an order of 
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magnitude higher than typically achieved using Gaussian beam illumination. The focal 

length is dependent on the cone angle, i.e., the NA, here defined as 𝛽𝛽. Figure 3-2 shows an 

illustration of this comparison. 

 
Figure 3-2. Collimated Gaussian beam shaped and focussed by different lenses. a) Gaussian beam generated with a 
spherical lens. b) Bessel beam generated with an axicon lens. The shaped beams have the same FWHM transverse 
resolution but different profiles. Reproduced from [195].  

Beams can be shaped in a variety of ways [196]: with static or reconfigurable optical 

elements. These elements can be lenses or phase and/or amplitude masks modulating the 

pupil plane of other lenses. They can operate on the principles of refraction or diffraction. 

Figure 3-3 shows examples of various beams, described above, shaped with diffractive and 

refractive optical elements, used either as lenses or phase masks in the pupil plane of 

convex lenses. 
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Figure 3-3. Examples of shaped beams. (a) A quasi non-diffracting zero-order Bessel beam generated by a diffractive 
axicon, offering a narrow high-intensity central core. (b) A quasi ‘non-diffracting’ Airy beam generated by a diffractive 
cubic phase mask in the back focal plane of a convex lens. This beam propagates along a parabolic trajectory, in contrast 
with a Bessel beam. (c) Optical vortex with a topological charge of l = 3 generated by a helical phase mask and focused by 
a lens. The on-axis phase singularity leads to the characteristic annular intensity. Reproduced from [197]. 

3.1.2 Beam shaping with a passive component versus an active 
(reconfigurable) optical element 

The sample can be illuminated using various optical components, which allow shaping of 

the beam impinging on the sample. These components can be passive, providing static 

optimized performance for given optical input parameters, or active, providing 

reconfigurability and even fine wavefront control, as required in adaptive optics [198, 199]. 

Examples of static optical elements include solid lenses of various shapes and materials, 

engineered to specification for beam shape, resolution, DOF, low aberration and high 

transmittance [200]. Figure 3-4 illustrates different types of lenses: an achromatic doublet, 

which is a two-part bi-convex lens used to minimise chromatic aberrations, and a plano-

convex axicon, used to form, respectively, Gaussian and Bessel beams. 
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Figure 3-4. Static optical elements: lenses. Passive beam shapers to produce Gaussian and Bessel beams. a) Achromatic 
doublet with principal ray diagram. b) Axicon lens with relative ray diagram. BFL = back focal length; Diam = lens 
diameter; EFL = effective focal length; H’ = Principal plane, R1, R2, R3 = lens curvature radii; Tc1, Tc2 = centre 
thicknesses; Te = edge thickness, 𝛼𝛼 = apex angle, 𝛽𝛽 = numerical aperture, db = beam diameter; n = lens refractive index; 
r0 = far field annulus width; R0 = far field annulus external radius. Reproduced from [201].  

Active optical elements are of two main types: deformable mirrors and spatial light 

modulators. Deformable mirrors [202] may be bimorph mirrors, micro-electrical-

mechanical-systems (MEMS) membrane mirrors or segmented mirrors, arranged in a 

square or a hexagonal array configuration. The shape of an electrostatically deflected 

membrane mirror can be described in terms of Zernike polynomials [203], using a set of 

coefficients. They have a short response time, which makes them suitable for wavefront 

shaping at a few hundred Hz refresh rate [204].  

 
Figure 3-5. Reconfigurable beam shapers. (a) A potential applied between the membrane and an electrode exerts a force 
that deforms the membrane. The varying optical path length introduces phase delays. (b) The local orientation of the 
liquid crystal molecules depends on the applied pixel voltage. As the effective refractive index of the liquid crystal 
molecules changes, the optical path length through each pixel can be modulated to produce the phase profiles of most 
optical elements. Reproduced from [198]. 

Spatial light modulators (SLM) are miniaturised liquid crystal displays consisting of a 

two-dimensional array of pixels. The phase of each pixel is controlled by applying an 
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electric field. Phase changes are induced by a change in the refractive index due to the 

electric field applied to an anisotropic molecule, the liquid crystal, subject to an induced 

dipole moment. Linearly polarised light is required. Liquid crystal spatial light modulators 

are used extensively in microscopy [205]. They may act only on the phase, or on both 

amplitude and phase, of the impinging light wave. A reflective liquid-crystal spatial light 

modulator is generally slower than a deformable mirror, but consists of many more 

independently controllable elements not mechanically coupled and high-amplitude 

corrective wavefronts and phase gradients can be readily generated with them. 

 

Liquid crystal spatial light modulator 

In the experiments reported in this thesis, we used, as a reconfigurable beam shaping 

device, a reflective liquid crystal on Silicon (LCoS) phase-only SLM. We tested two 

different Pluto NIR-II models from Holoeye Photonics, Germany, against their 

specifications and for suitability in this project. Important specifications for an SLM are: 

spatial resolution, fill factor, light utilization efficiency, diffraction efficiency, wavelength 

range, flatness, input frame rate, phase stroke, switching frequency, number of linear phase 

levels, phase stability and price. More information about these specifications and the results 

of the SLM characterisation are reported in Appendix A. 

3.1.3 Location of  the beam shaper in the optical path 

When generating different beam shapes, we strive for high power efficiency, as the OCT 

sensitivity is directly proportional to the power impinging on the sample (see Section 2.3.2), 

so we aim to minimise sample arm insertion losses.  

Beam shaping can be done at different axial locations in the beam path along the 

sample arm. By positioning the beam shaper in the path of a collimated (Gaussian) beam, 

two standard options are: programming it as a lens and then relaying the generated beam 

and magnifying it as appropriate; or, alternatively, programming it to shape the angular 

spectrum field of the intended beam in the pupil of another lens placed downstream of the 

SLM. The angular spectrum field 𝑆𝑆(𝑢𝑢, 𝑣𝑣) of a physical beam in the back focal plane of a 

convex spherical lens of effective focal length, 𝑓𝑓, with the transverse beam field 𝑈𝑈𝑡𝑡(𝑥𝑥,𝑦𝑦) 

located in the lens front focal plane, is  
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where 𝑢𝑢 and 𝑣𝑣 are the coordinates of the angular spectrum. The angular spectrum of an 

axicon-generated Bessel beam has a ring-like (annular) shape with a ring thickness 

proportional to 1 𝜔𝜔⁄ , as observed in Figure 3-6. An off-axis delta function, i.e., an infinitely 

thin annulus is given for 𝜔𝜔 → ∞, i.e., a plane wave illumination on an infinite axicon (in 

the transverse direction) generating an ideal non-diffracting Bessel beam. 

 
Figure 3-6. Bessel beam and its typical spatial frequency spectrum. (a) Numerically evaluated axicon generated Bessel 
beam. The inset shows lateral intensity cross-section |𝑈𝑈𝑡𝑡|2 and on-axis intensity. (b) A typical spatial frequency spectrum 
obtained in the back focal plane 𝑓𝑓 of a convex positive lens, positioned with its front focal plane sampling the Bessel 
beam in the plane indicated by the red dashed line. 𝑢𝑢 and 𝑣𝑣 are the coordinates of the spatial frequency spectrum and 
𝑆𝑆(𝑢𝑢, 𝑣𝑣) is the spatial frequency spectral field. Adapted from [206]. 

By means of reciprocity, a quasi-non-diffracting Bessel beam can also be generated by 

placing an annular slit (or equivalently, programming the SLM) placed in the back focal 

plane of a convex spherical lens, as seen in Figure 3-7(b).   

 
Figure 3-7. Typical experimental configurations for the generation of Bessel beams. (a) An axicon lens, and (b) an annular 
mask and convex spherical lens. Adapted from [207]. 

Pupil modulation is also used to extend the DOF in several other setups [208-210]. An 

advantage of pupil modulation in combination with an SLM is the versatility of switching 

between several shaped beams (e.g., Gaussian beam and, amongst others, quasi-non-
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diffracting Bessel beam) afforded by digital reprogramming of the SLM without any setup 

modification. A disadvantage for Bessel beam shaping is the power loss due to blocking 

most of the input light outside the annulus, resulting often in unacceptable sensitivity 

losses. For this reason, combined with the low fill factor and diffraction efficiencies of the 

SLM we used (see Appendix A), in the remainder of this thesis, we decided to program the 

SLM as a lens, as in Figure 3-7(a). 

3.1.4 Aberration characteristics with refractive versus diffractive optical 
elements 

Another important factor to consider when engineering beam shapes is aberration 

minimisation. Any beam aberration will reduce the Strehl ratio [211], which is a measure of 

the quality of optical image formation. An aberrated beam results in resolution, contrast 

and sensitivity reduction. Therefore, the first step is to ensure that the optical system 

produces beams with minimal or no aberrations. 

The aberration characteristics of a beam, especially for the chromatic aberration, 

depend on the type of lens used and on whether beam shaping is achieved with refractive 

or diffractive optical elements [212].  

In principle, any calculated refractive surface or phase profile, for example a lens, can 

also be realized in the form of a diffractive structure. Dividing the continuous surface 

profile of a lens into a set of surfaces with corresponding curvatures and stepwise 

discontinuities in between will lead to a Fresnel lens, as in Figure 3-8(a).  

If such curvatures are approximated by discrete steps, typically with maximum phase 

height of 2π, it will be called a diffractive optical element (DOE), as in Figure 3-8(b). The 

simplest DOE is a binary phase plate, approximated by only two phase levels (steps). A 

DOE representing a plano-convex lens is called a phase Fresnel (PF) lens [213].  

 

Chromatic aberrations with Gaussian beams 

The PF lens is subject to chromatic aberration, with the shorter wavelengths focussed 

further away from the lens. The opposite chromatic aberration takes place with a refractive 

spherical lens. For this reason, chromatic aberration compensation has been envisaged by 

combining a refractive and a diffractive lens into an achromatic hybrid refractive-diffractive 

lens with extended depth of focus [214], as in Figure 3-8(c). Unfortunately, the SLM can 

only render a PF lens, and chromatic aberration will enlarge and elongate the focal spot, 

when using the SLM with a broadband source. This issue limited our ability to use the SLM 

as a DOE in one single path for sample illumination to acquire OCT images with different 
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engineered beam shapes with the click of a button. To check the effect of chromatic 

aberration on the SLM-generated Bessel beam, we used a simulation package described in 

the next section. 

 
Figure 3-8. Refractive and diffractive optical elements. (a) Fresnel lens construction by breaking up the refractive surface 
of a spherical lens into sections of equal maximum height. If the height is no bigger than a wavelength, diffraction of the 
wave from the various sections and interference dominate the wave propagation through the element, hence called 
diffractive optical element (DOE). (b) Phase Fresnel (PF) lens, DOE equivalent of a Fresnel Lens. (c) Chromatic 
aberrations in opposite directions for a refractive and a diffractive lens, and chromatic aberration compensation. Adapted 
from [215, 216].  

Achromatic Bessel beams 

With the help of simulations developed in VirtualLab (LightTrans International UG, 

Germany), we studied the chromatic aberration for a refractive axicon- and a DOE-

generated Bessel beam. A Bessel beam generated by broadband light through a refractive 

axicon is presented in Figure 3-9(a).  

The beam is subject to chromatic aberrations that result in a transverse profile with a 

blurred side lobe structure, as the position of the Bessel beam minima varies with 

wavelength. On the contrary, the central lobe size and the side-lobe structure of the Bessel 
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beam in the transverse plane is invariant with wavelength [217] for a DOE-generated 

Bessel beam (Figure 3-9(b)). 

 
Figure 3-9. Simulations of the beam profile of a Bessel beam, using VirtualLab. The beam is generated passing a 
broadband light through (a) a refractive axicon lens, and of b) a diffractive axicon lens. The Bessel beam profile of (b) is 
achromatic, as it retains constant centre and side-lobes diameters for different wavelengths. The schematics of the axicons 
are on a larger scale than the beams for clarity.  

 
Figure 3-10. Graphical illustration of the cause of the achromatic characteristics of a DOE-generated Bessel beam. Scale 
and angles are exaggerated. The different angles are caused by the phase steps experienced by the different wavelengths. 

Figure 3-10 presents an illustration of the diffraction angles at different wavelengths 

that determine the achromatic characteristics of a DOE-generated Bessel beam. 
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The pixelation and finite number of achievable phase levels in an SLM-generated DOE 

impose a phase profile discretization that increases the diffraction losses already present in 

a DOE. To further characterise the performance of the achromatic Bessel beams that we 

intended to generate, we simulated the diffraction efficiency versus number of discrete 

levels used within a 2π phase wrapping, for a range of wavelengths. 

The results of Figure 3-11 suggested that axicon lenses with a 2π phase ramp, 

discretised by less than 5 discrete levels, would produce only 80% relative efficiency 

compared to a continuous axicon. Conversely, the same diffraction efficiency will be 

obtained if the radius of first circle of 2π phase wrapping is smaller than 5 SLM pixels, i.e., 

discrete levels. Therefore, to maintain a reasonable diffraction efficiency, NAs 

corresponding to this apex angle, i.e., first circle radius, or larger ones, should only be 

achieved indirectly, by using an optical telescope system to de-magnify a smaller NA beam. 

This would also allow for a dark-field illumination scenario, as we shall see in Section 3.2. 

   

 
Figure 3-11. Simulation results for the diffraction efficiency of an SLM-generated Bessel beam. The diffraction efficiency 
is measured in the far field as shown in (a) the schematic. (b) Phase profile for different wavelengths and refractive or 
diffractive axicons. (c) Diffraction efficiency of a diffractive axicon versus wavelength for a broadband source centred at 
840 nm, and (d) versus number of grey-levels used to discretise each 2π phase step.  

After this thorough analysis, we decided to use two different paths to generate 

Gaussian and Bessel beams in the sample arm of an FD-OCT system, as described in the 
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following section. One path would use an achromat doublet lens (static) to generate the 

Gaussian beam with minimal aberrations. The other path would use a (reconfigurable) 

SLM-generated DOE, programmed with a variety of diffractive axicons with no less than a 

14 pixel radius for a full 2π phase step (pixel size 8 µm) and a corresponding telescope 

system to obtain the Bessel beams with the desired NA of 0.12. We set the same NA for all 

beams, i.e., the same transverse resolution, with the goal of studying the trade-off between 

DOF improvement vs. sensitivity penalty of the various beams, as described in Section 3.2. 

The major drawback of extended DOF beams, like Bessel beams, is the fact that the 

energy density of the beams is no longer exclusively confined to the vicinity of the 

propagation axis, making them highly energy-inefficient for imaging purposes.  

In the following section, we shall explore ways to make these beams more 

energy-efficient and define the parameter that determines the trade-off between DOF 

improvement vs. sensitivity penalty.  
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3.2 Energy-efficient low-Fresnel-number Bessel beams and 
their application in optical coherence tomography [27] 

Dirk Lorenser,  C. Christian Singe,  Andrea Curatolo,  and David D. Sampson 

Abstract: Bessel beams feature a very large depth-of-focus (DOF) compared to conventional 
focusing schemes, but their central lobe carries only a small fraction of the total beam 
power, leading to a strongly reduced peak irradiance. This is problematic for power-
limited applications such as optical coherence tomography (OCT) or optical coherence 
microscopy as it can result in a prohibitive reduction of the signal-to-noise ratio (SNR). 
Using scalar diffraction theory, we show that the trade-off between DOF and peak 
irradiance of Bessel beams depends solely on the Fresnel number 𝑁𝑁. We demonstrate the 
existence of a low-Fresnel-number regime, 𝑁𝑁 < 10, in which axicons with Gaussian 
illumination can generate energy-efficient Bessel beams with a small number of sidelobes. 
In the context of OCT, this translates into DOF enhancements of up to 13x for a SNR 
penalty below 20 dB, which is confirmed by our experiments. We expect that these 
findings will enable improved performance of optical systems with extended DOF.  
© 2014 Optical Society of America 

OCIS Codes: 140.3300, 120.4570, 350.3950, 110.4500, 170.0180, 170.2150.  

http://dx.doi.org/10.1364/OL.39.000548 

Bessel beams [188] feature an exceptional depth of focus (DOF) and self-reconstructing 

properties and have therefore found application in optical trapping [218], imaging [219] and 

laser-based microfabrication [220]. However, they tend to be wasteful of source power 

because of their extensive sidelobe structure. This can be a disadvantage in power-limited 

applications such as optical coherence tomography (OCT), where early work indicated 

severe penalties in the signal-to-noise ratio (SNR) resulting from the small fraction of 

power in the central lobe of the employed Bessel beam [183]. For this reason, more energy-

efficient techniques for DOF enhancement have been explored for OCT, such as pupil 

phase masks [208, 221] or apodization [78]. Alternatively, it was proposed to employ Bessel 

beams only in the illumination path and to use a separate detection path with conventional 

Gaussian beam optics [184]. However, this concept cannot be employed in OCT 

applications that require simple and compact sample-arm optics and where a separate 

detection path is not feasible, such as in miniaturized OCT probes with extended DOF 

[185, 221, 222]. To aid in the design of such optical systems, we show that the trade-off 

between DOF enhancement and SNR penalty of Bessel beams is determined solely by their 

Fresnel number N and that low-Fresnel-number Bessel beams with N < 10 carry a 

significant fraction of the beam power in their central lobe, providing substantial DOF 

gains whilst keeping the SNR penalties at tolerable levels below 20 dB. To the best of our 

knowledge, this fact has not yet been exploited in previous work, and published OCT 
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Bessel beam setups have had fairly large Fresnel numbers in the range of 15 to 60 [183-185, 

222]. 

Figure 3-12(a) shows an axicon with numerical aperture (NA) β illuminated by a 

Gaussian beam with 1/e2 radius 𝜔𝜔 which is chosen to be at least a factor of two smaller 

than the aperture radius a of the axicon in order to avoid aperture diffraction effects. In 

this context, we will define the Fresnel number as 𝑁𝑁 = 𝜔𝜔2 𝜆𝜆𝐿𝐿𝑖𝑖⁄ = 𝜔𝜔𝛽𝛽 𝜆𝜆⁄ , where 𝜆𝜆 is the 

wavelength and 𝐿𝐿𝑖𝑖 is the approximate axial extent of the Bessel beam for the case of 

Gaussian illumination, as illustrated in Figure 3-12(a). (We will only consider paraxial beams 

where sin𝛽𝛽 ≅ tan𝛽𝛽 ≅ 𝛽𝛽.) For the case of plane-wave illumination of axicons, it has been 

shown that the Fresnel diffraction integral can be expressed in normalized coordinates such 

that the only free parameter is the Fresnel number [223]. One can obtain a similar 

expression for the case of Gaussian illumination by starting from Eq. (4) in [223] and, using 

cylindrical coordinates (𝜌𝜌, 𝑧𝑧), inserting into the integral a Gaussian-apodized complex 

amplitude transmission 𝑡𝑡(𝜌𝜌) = 𝑈𝑈𝑖𝑖𝑙𝑙𝑙𝑙(𝜌𝜌)𝑒𝑒𝑥𝑥𝑝𝑝(−𝑆𝑆𝑘𝑘𝛽𝛽𝜌𝜌) = �2
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where 𝑈𝑈𝑖𝑖𝑙𝑙𝑙𝑙(𝜌𝜌) is the Gaussian illumination amplitude (normalized to unit power) and 

𝑒𝑒𝑥𝑥𝑝𝑝(−𝑆𝑆𝑘𝑘𝛽𝛽𝜌𝜌) represents the conical phase imparted onto the wavefront by the axicon. One 

obtains an output field amplitude  

𝑈𝑈(𝜌𝜌�, �̃�𝑧) =
−𝑆𝑆2√2𝜋𝜋

𝜔𝜔
𝑁𝑁�̃�𝑧exp �𝑆𝑆𝜋𝜋𝑁𝑁 �

𝜌𝜌�2

�̃�𝑧
− �̃�𝑧�� 

× ∫ exp[−(𝜌𝜌�0�̃�𝑧)2]exp[𝑆𝑆𝜋𝜋𝑁𝑁�̃�𝑧(𝜌𝜌�0 − 1)2]𝐽𝐽0
∞
0 (2𝜋𝜋𝑁𝑁𝜌𝜌�𝜌𝜌�0)𝜌𝜌�0𝑠𝑠𝜌𝜌�0, 

(3-6) 

where we have introduced normalized coordinates 𝜌𝜌� = 𝜌𝜌 𝜔𝜔⁄ , �̃�𝑧 = 𝑧𝑧 𝐿𝐿𝑖𝑖⁄  and a normalized 

input plane integration variable 𝜌𝜌�0 = 𝜌𝜌 𝛽𝛽𝑧𝑧⁄ . In the limit of large 𝑁𝑁 (or, equivalently, as 𝜆𝜆 →

0), it has been shown that analytical solutions of the Fresnel diffraction integral for 

generalized axicons can be obtained using the stationary phase approximation [224]. For 

our specific case, the output irradiance (Eq. (17) in [224]) simplifies to: 

𝐼𝐼(𝜌𝜌�, �̃�𝑧) =
8𝜋𝜋
𝜔𝜔2 𝑁𝑁�̃�𝑧exp(−2�̃�𝑧2)𝐽𝐽02(2𝜋𝜋𝑁𝑁𝜌𝜌�). (3-7) 
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Figure 3-12. Energy efficiency of a Bessel beam compared to a Gaussian beam of same NA. (a) Normalized magnitude of 
the diffracted field amplitude from an axicon illuminated by a Gaussian beam, obtained via numerical solution of 
Eq. (3-6) for 𝑁𝑁 =  4. Red lines delineate the extent of the Bessel beam region predicted by geometrical optics. Dashed 
blue lines indicate the approximate extent of the focused Gaussian beam if the axicon were replaced by a lens with the 
same NA. (b) Transverse irradiance profile at the axial peak location of the field shown in (a). Comparison of the on-axis 
(c) and transverse (d) irradiance distributions of the numerical solution of Eq. (3-6) and the analytical approximation given 
by Eq. (3-7). The corresponding curves for the focused Gaussian beam of same NA are also shown. (e) Power in the 
central lobe of a Bessel beam as a function of Fresnel number. (f) SNR penalty and DOF gain factor of a Bessel beam 
compared to a Gaussian beam of same NA as a function of Fresnel number. The circles indicate values calculated via 
numerical solution of Eq. (3-6) and the lines represent the analytical expressions obtained via Eq. (3-7). (See text for 
definition of symbols). 

The numerical solution of Eq. (3-6) is depicted in Figure 3-12(a)-(b) for the case 

𝑁𝑁 =  4, showing the relatively small number of sidelobes present in the Bessel beam in the 

low-Fresnel-number regime. The on-axis irradiance distribution and the transverse 

irradiance profile at the axial peak ��̃�𝑧 =  1 2⁄ � are shown in Figure 3-12(c)-(d), 

respectively, together with the corresponding curves from the analytical solution [Eq. 

(3-7)]. 

As can be seen from Figure 3-12(c)-(d), the analytical solution is an excellent 

approximation on and close to the optical axis even for low Fresnel numbers; whereas, it 

exhibits an increasing error in the sidelobe irradiance levels as one moves away from the 

optical axis. We have found that the on-axis irradiance distribution given by the analytical 

solution is a good approximation down to 𝑁𝑁 ≈ 4. 
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In the low-Fresnel-number regime, the central lobe carries a substantial fraction of the 

beam power, and Figure 3-12(e) shows that it is > 10% for Bessel beams with Fresnel 

numbers 𝑁𝑁 < 4. For OCT applications, this translates into SNR penalties of < 20 dB as 

shown in Figure 3-12(f). As the OCT signal amplitude from a point scatterer is 

proportional to the beam irradiance, the SNR penalty is calculated via the ratio 

�𝐼𝐼𝐵𝐵𝑒𝑒𝑠𝑠𝑠𝑠𝑒𝑒𝑙𝑙 𝐼𝐼𝐺𝐺𝑚𝑚𝑢𝑢𝑠𝑠𝑠𝑠⁄ �
2
, where 𝐼𝐼𝐵𝐵𝑒𝑒𝑠𝑠𝑠𝑠𝑒𝑒𝑙𝑙 and 𝐼𝐼𝐺𝐺𝑚𝑚𝑢𝑢𝑠𝑠𝑠𝑠 are the peak irradiances of the Bessel beam and 

the focused Gaussian beam of same NA and integrated beam power. With  

𝐼𝐼𝐵𝐵𝑒𝑒𝑠𝑠𝑠𝑠𝑒𝑒𝑙𝑙 =  4𝜋𝜋𝑁𝑁 �√𝑒𝑒𝜔𝜔2�⁄  from Eq. (3-7), we can derive a convenient analytical expression 

for the SNR penalty as a function of Fresnel number: 

SNRpenalty(dB) = 20log �
2

√𝑒𝑒𝑁𝑁
� = 20log �

1.213
𝑁𝑁

�, (3-8) 

where we have used 𝐼𝐼𝐺𝐺𝑚𝑚𝑢𝑢𝑠𝑠𝑠𝑠 = (2𝜋𝜋 𝜔𝜔2⁄ )𝑁𝑁2 for the focal spot peak irradiance obtained 

when focusing the Gaussian illumination field 𝑈𝑈𝑖𝑖𝑙𝑙𝑙𝑙(𝜌𝜌) with a NA of β. Similarly, we can 

show that the DOF gain of the Bessel beam is approximately equal to 1.26𝑁𝑁, where we 

have defined the DOF as the full-width at half-maximum (FWHM) of the on-axis 

irradiance distribution. The good agreement of these analytical expressions with the values 

obtained from the numerical solution in the regime 𝑁𝑁 >  1 can be seen in Figure 3-12(f). 

To benchmark the performance of low-Fresnel-number Bessel beams in terms of DOF 

and SNR, we have built a reconfigurable beam shaping setup incorporating a liquid crystal 

spatial light modulator (SLM, Pluto NIR II, Holoeye Photonics AG, Germany) and 

incorporated it into the sample arm of an 840-nm Fourier-domain OCT system (Figure 

3-13). (Generating the Bessel beams with a SLM instead of with a refractive axicon was 

preferable because the latter often exhibits a non-ideal tip geometry, which causes 

significant beam distortion at low Fresnel numbers due to the small illumination beam 

diameters.) The system uses a superluminescent diode (SLD) with 24-mW output power 

and 50-nm bandwidth [yielding an axial resolution in air of 9 µm after spectral shaping]. 

The theoretical shot-noise-limited sensitivity is ≈108 dB. We use a 4f system (L2 and L3) to 

de-magnify and relay the Bessel beam to the sample in a similar fashion to [184], as it is not 

possible to directly generate a beam of the desired high transverse resolution with the SLM 

due to pixel size limitations. The 4f setup has the additional benefit of allowing spatial 

filtering in the back focal plane of the objective lens L3 in order to block unmodulated light 

from the SLM.  
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Figure 3-13. Experimental setup for OCT imaging using low-Fresnel-number Bessel beams. DC, dispersion compensator; 
L, lens; M, mirror; PC, polarization controller; SF, spatial filter; other abbreviations defined in text. 

By appropriate combinations of input beam radius w, axicon phase pattern on the 

SLM, and focal length of L2, we realized three Bessel configurations with similar NAs of 

β ≈ 0.115 (FWHM resolution of 2.6 μm) but with different Fresnel numbers of 3.6, 7.2 

and 10.5. L2 and L3 are achromatic doublets, where f3 is 19 mm in all three cases and f2 

ranged from 300 to 500 mm. In addition, a conventional Gaussian beam sample arm with 

the same NA and transverse resolution (measured FWHM of 2.7 μm) was built for 

comparison, and it was possible to switch between the Bessel- and Gaussian configurations 

via the flip mirror M1. For sake of simplicity, the setup employs sample scanning via a 

motorized stage. 

The experimental results are summarized in Figure 3-14 and in Table 3-1. Figure 

3-14(a) shows the beam profiles in air, measured with a commercial beam-profiling camera 

(SP620U, Ophir-Spiricon, USA). The DOF gain factors obtained from the on-axis 

irradiances shown in Figure 3-14(b) are in good agreement with the theoretical values (see 

Table 3-1), where the 𝑁𝑁 =  3.6 Bessel beam exhibits the most significant deviation from 

theory. The reason for this is probably a slight alignment error of the lens pair L2/L3, as 

indicated by the higher β of this beam. 
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Figure 3-14. Experimental results comparing the imaging performance of low-Fresnel-number Bessel beams and a 
Gaussian beam of the same transverse resolution. (a) Measured beam profiles. (b) Normalized on-axis irradiance showing 
the DOF. (c) OCT images of the PSF phantom. Red bars indicate the DOF based on (b) and assuming a refractive index 
of n = 1.49 for epoxy. (d) Scatter plots of the SNR values of a large number of point scatterers from the PSF phantom 
image data, indicating the SNR penalties of the three Bessel configurations relative to the Gaussian. The dashed red 
curves are fits of the assumed on-axis irradiance profiles to a subset of the point cloud comprising only the strongest 
signals (see text for details). (e) OCT images of a lemon sample. Red bars indicate the DOF based on (b) and assuming a 
refractive index of n = 1.33 for water. 

The sensitivity of OCT systems using Bessel beams cannot be determined via the 

conventional method of measuring the SNR of a calibrated planar reflector, because the 

back-coupled signal will include contributions from the sidelobes. Instead, an SNR penalty 

relative to a Gaussian beam of equivalent resolution can be deduced by comparing the 

SNR of a scattering sample imaged under identical system conditions [184]. For this 

purpose, we imaged a point spread function (PSF) phantom (National Physical Laboratory, 

UK) [225] consisting of iron oxide particles (size range 300-800 nm) embedded in epoxy 

resin, using all four configurations (see Figure 3-14(c), noting the differences in the 

dynamic range). The peak SNR of each Bessel beam configuration was then compared to 

that of the Gaussian beam configuration, which had a measured sensitivity of 97 dB as 

determined via the conventional calibrated-reflector method. For all four configurations, 

the reference arm power was 490 nW and the exposure time was 10 µs in order to ensure 
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the same noise floor. The SNR values of a large number (≈ 500) of scatterers for each 

beam were extracted from the OCT datasets [see Figure 3-14(d)] by manually selecting the 

brightest scatterers in the image. The spread of the SNR values of scatterers at a given 

depth is due to both their size distribution as well as the fact that they will generally not 

intersect the scanning beam perfectly in the centre. For quantifying the SNR penalty, the 

data points were reduced by binning into 20 intervals in depth and discarding all but the 5 

strongest signals in each depth bin. The expected on-axis irradiance curve (Lorentzian in 

the case of the Gaussian and Eq. (3-7) for the Bessel beams) was then fitted to this reduced 

dataset of ≈ 100 points, yielding the red dashed curves in Figure 3-14(d). After accounting 

for the difference of 4.4 dB between the round-trip losses of the Gaussian and Bessel 

sample arms (4.5 dB and 8.9 dB, respectively), the measured SNR penalties of the Bessel 

configurations are in good agreement with theory as can be seen in Table 3-1. 

Table 3-1. Experimental comparison Bessel vs. Gaussian 

Gaussian Bessel Bessel Bessel 

Fresnel number N  3.6 7.2 10.5 

Spot diameter* (µm) 4.7 5.3 5.5 5.6 

β (rad) 0.115 0.121 0.117 0.115 

Theor. DOF gain  4.5 9.1 13.2 

Measured DOF gain  3.5 9.0 13.5 

Theor. SNR penalty (dB)  9.4 15.5 18.7 

Measured SNR penalty (dB)  8.3 14.2 19.7 

* Gaussian: 1/e2 diameter, Bessel: central lobe diameter 

In order to gauge the perceived DOF enhancement and SNR penalties, a lemon sample 

was imaged with all four setups [see Figure 3-14(e), noting the differences in the dynamic 

range]. The image taken with the N = 10.5 Bessel configuration suffers from the relatively 

high SNR penalty of ≈20 dB. However, the images taken with the N = 3.6 and N = 7.2 

Bessel configurations indicate that their respective DOF gains of 3.5x and 8.8x can be 

exploited successfully in OCT systems with a high baseline sensitivity on the order of 

100 dB. A striking feature of the Bessel beam images in Figure 3-14(e) is the lack of signal 

in the on-axis geometrical shadow that precedes the Bessel region (with the exception of 

horizontally oriented scattering interfaces where appreciable back-coupling can occur), 

whereas the Gaussian provides some degree of useful image information over a wide axial 

range before and after its nominal DOF, albeit at degraded resolution [the asymmetry in 

the signal level before and after the DOF in Figure 3-14(e) is the combined result of 

attenuation due to scattering and sensitivity roll-off caused by the spectrometer]. In 
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applications where constant resolution is important, however, Bessel beams of suitably 

chosen Fresnel number will be superior. Depending on the sample, image quality can be 

affected by the sidelobes of the Bessel PSF [see Figure 3-14(c)], which result in a blurred or 

grainy appearance of high-contrast structures and boundaries [see Figure 3-14(e)]. The first 

sidelobe is suppressed by 16 dB in the limit of large 𝑁𝑁 (correct to within 1 dB for 

𝑁𝑁 >  3.5). 

In conclusion, we have shown that the Fresnel number is the key parameter 

determining the trade-off between DOF and peak irradiance of Bessel beams, and our 

theoretical analysis reveals that these quantities adhere to simple scaling laws that are 

consistent with the intuitive notion that an N-fold increase in the DOF must result in an 

N-fold loss of peak irradiance. In the context of OCT, we have demonstrated that low-

Fresnel-number Bessel beams in the regime 𝑁𝑁 <  10 can provide substantial DOF gains 

of up to 13x for a sensitivity penalty of less than 20 dB. Our findings are particularly 

encouraging for the future application of micro-axicons in miniaturized OCT endoscopes 

[185, 222] and needle probes with extended DOF [221, 226], as such systems intrinsically 

operate at low Fresnel numbers. 

3.3 Selected dual beam OCT setup 

Most of the analysis of Bessel beams carried out so far has compared the characteristics of 

Bessel and Gaussian beams in free-space or in low-scattering samples. To investigate the 

effect of Bessel beams on OCT image quality in turbid tissue, as we shall see in Chapter 6, 

we selected one of the three low-Fresnel number Bessel beams. In the experiments we will 

present, we use a Fourier-domain OCT system, modified from that employed by Lorenser 

et al. [27], with a SLD light source (Superlum) centred at 840 nm wavelength with a 3 dB 

bandwidth of 50 nm. Using a fibre coupler, the source light is split 50:50 between sample 

and reference arm. The sample arm is reconfigurable, as in the case discussed so far, and 

incorporates the same liquid crystal spatial light modulator (SLM, Pluto NIR II-HR, 

Holoeye Photonics, Germany).  

The SLM is programmed, either with an axicon phase mask producing a low Fresnel 

number (𝑁𝑁 =  7.2) Bessel beam (effective focal length Lw = 106.5 mm) relayed to the 

sample via a 4f system (LB1 – LB2), or with a uniform phase mask conjugate, via another 4f 

system (LG1 – LG2), to the pupil plane of an objective lens (LG3), as seen in Figure 3-15. By 

appropriate combinations of input beam collimation, SLM phase mask and the focal 

lengths reported in the caption of Figure 3-15, we realise the Gaussian and Bessel beams to 

be used in the experiments described in Chapter 6. 
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Figure 3-15. Dual-beam OCT system schematic. PC = polarization controller, DC = dispersion compensation, SLD = 
superluminescent diode, SLM = spatial light modulator, LG1 = achromatic doublet lens (f = 100 mm), LG2 = 
achromatic doublet lens (f = 150 mm), LG3 = objective lens (f = 10 mm), LB1 = achromatic doublet lens (f = 300 mm), 
LB2  = achromatic doublet lens (f = 19 mm). 

3.4 Conclusion 

We have shown that, for quasi non-diffracting Bessel beams, the Fresnel number is the key 

parameter determining the trade-off between DOF extension and OCT sensitivity loss 

when compared to a Gaussian beam of equal resolution. The extended DOF is one of the 

main reasons Bessel beams are of high interest in biomedical imaging. In the context of 

OCT, we have demonstrated that low-Fresnel-number Bessel beams in the regime 

𝑁𝑁 <  10 can provide substantial DOF gains of up to 13x for a sensitivity penalty of less 

than 20 dB. 

Another reason Bessel beams have attracted attention in the microscopy and OCT 

community is their so-called self-reconstructing property. The self-reconstructing property 

is stated as follows. A Bessel beam can reconstruct its amplitude profile after a 

characteristic propagation distance if a part of the beam is obstructed or distorted [218, 

227]. 

The components of the Bessel beam’s angular spectrum propagate within a narrow 

range of angles with respect to the optical axis. This fact has two important ramifications: 

the Bessel beam’s extended DOF and its ability to self-reconstruct. Firstly, all components 

maintain a similar phase as they propagate along the optical axis, thus, resulting in an 

extended DOF. When isolated point scatterers are encountered by the Bessel beam, the 

self-reconstructing property is in evidence [219].  Beyond a characteristic axial distance 

form each scatterer, the wavefront perturbation propagates off-axis and, in the absence of 

other scatterers, the components of the angular spectrum along the optical axis are 
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unaberrated, as visible in Figure 3-16. A key point regarding Figure 3-16 is that the beam 

propagates in a uniform medium punctuated by occasional sparse scatterers, which does 

not accurately represent most biological tissues. 

 
Figure 3-16. Self reconstruction property of a Bessel beam. Adapted from [228]. 
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Thus, while the angular spectrum is responsible for the self-reconstructing property of 

the Bessel beam, we would like to investigate to what extent the propagation of the Bessel 

beam central lobe is stable (invariant) [229], an important factor for image quality (e.g., 

transverse resolution and contrast), in turbid tissue when the obstructions are distributed 

throughout an area covering most of the beam’s energy density, as in most biological 

tissues. In the following chapters, we will build the toolbox of controlled scattering samples 

and test targets, and a suite of light-tissue interaction and imaging simulations, required to 

address the question of what beam shape is better suited for OCT imaging of turbid tissue. 
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Chapter 4 

Structured phantoms: a tool to mimic 
turbid tissue and measure image 
quality  
4  

4.1 Introduction 

In OCT, it is vitally important to develop tissue-simulating samples, called phantoms, for 

the validation of new methods, technologies and applications [230, 231]. To date, the main 

focus has been on developing phantoms with optical properties in the range of those of 

tissues [40], but other important properties include durability, mechanical behaviour and 

three-dimensional structure. The continued advancement of OCT methods, such as OCE 

[22],  technologies, such as needle OCT [232], and applications, such as intravascular OCT 

[233], will depend upon the availability of phantoms simulating the optical and mechanical 

properties and the three-dimensional structure of tissues. Such phantoms are needed to 

form the basis for durable, transferable standard imaging targets.  

Many early OCT phantoms were based on hydrogels, two of the most common of 

which are agar [234] and gelatin [235]. These semisolid matrices allow for the inclusion of 

both organic and non-organic additives as optical scatterers. The tissue-like mechanical 

properties of these hydrogels have also been utilized in early OCE experiments [225]. 

However, there are several major issues with hydrogel phantoms. They have short lifetime 

on the order of a week and are not rigid at room temperature [230], which makes forming 

them into complex shapes impractical. Resin phantoms, by contrast, are very durable; they 

can be used for years whilst maintaining their optical properties [225, 236] and have the 

potential to be fabricated into complex shapes. However, resin phantoms are much stiffer 

than soft tissue, which limits their utility in elastography [22, 141]. 

Silicone is a convenient base material for flexible and straightforward fabrication of 

phantoms. A disadvantage is that silicone is not compatible with organic materials, such as 

tissue constituents. Yet, it provides ready compatibility with a wide range of suitable 

scatterers for adjustment of the optical properties, in a range that includes that of tissue 
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constituents. The mechanical properties can be adjusted over a wide range by controlling 

the amount of cross-linking within the silicone formulation. Silicone is also well suited for 

fabrication of phantoms with complex structures due to its low viscosity prior to curing 

and high toughness, i.e., resistance to fracture. Therefore, in this chapter, we are 

concentrating on the fabrication and use of silicone phantoms for OCT and OCE.  

In Section 4.2, we shall review the basics of light-tissue interaction, the different 

categories of OCT signal contributions from different scattering regimes and their 

implications for image quality. We shall then review Mie theory, describing the main optical 

properties, scattering coefficient 𝜇𝜇𝑠𝑠, and scattering anisotropy, 𝑔𝑔, of a tissue-like 

monodispersion of spherical dielectric scatterers as a function of the sphere and embedding 

medium parameters. Those properties influence the OCT signal, with respect to both its 

attenuation with depth and its contrast. In Section 4.3, fabrication of phantoms with 

controlled attenuation coefficients 𝜇𝜇𝑡𝑡, and scattering anisotropy, 𝑔𝑔, will be described and 

validated. In Section 4.4, fabrication of phantoms with controlled mechanical properties, 

especially stiffness, will be discussed and validated. In Section 4.5, phantoms containing 

three-dimensional structure, suitable for mimicking the complexity of tissue structures on a 

scale intermediate between the OCT system resolution and the field of view, and their 

potential application in the assessment of speckle will be presented. In Section 4.6, we shall 

look more specifically at the use of phantoms to test OCT image quality descriptors, 

including, resolution and contrast, with both a nanoparticle-embedded phantom and an 

advanced version of a 3-D-structured phantom. In Section 4.7, we shall describe the 

fabrication and use of structured phantoms for OCE. We will conclude the chapter with a 

discussion of the use and limitations of silicone phantoms for the purpose of this thesis.  

4.2 Light-tissue interaction 

A turbid biological sample is composed of many constituents of varying shape, size and 

refractive index, such as cells and connective structures [237]. As light propagates in tissue 

it is attenuated, due to both absorption and scattering. In OCT, the effects of absorption 

are usually negligible as near-infrared light represents a low-absorption window in tissue. 

Scattering describes the deviation of light waves from a straight trajectory caused by the 

variations in refractive index, on a scale between fractions of the wavelength and the beam 

width, of the medium through which they pass. 

Tissue is most accurately described as a spatially varying refractive index continuum 

[238]. The strength and directionality of scattering depend on the gradient and spatial scale 

of the variations in refractive index. More conveniently, in a discrete particle approximation 
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to this scenario, we regard the scattered field contributing to the OCT signal as having 

undergone only a discrete number of scattering events, the result of light interacting with a 

finite number of particles that are randomly distributed throughout a scattering sample 

[238, 239]. 

The majority of studies directed towards the understanding of light scattering from 

tissues have been conducted in vitro on cell suspensions [238, 240-250]. These studies have 

broadly confirmed the expectations from Mie theory [237], explained in Section 4.2.1. Low-

angle forward-scattered light in tissues is primarily caused by large spheroid objects, i.e., by 

the cells themselves. Light scattered at slightly greater angles, perhaps up to a few tens of 

degrees, is caused by cell nuclei, and at very large angles, including backscattering, is caused 

by structures within cells, small compared to the optical wavelength. The ratio of forward 

to backscattering is typically in excess of 103 [251]. 

It is useful to partition the light detected with OCT into three categories accordingly. 

The categories are listed below, and illustrated in Figure 4-1. 

 
(I) Category I - Singly backscattered light 
 

Light that propagates through the sample undeflected [252] is termed ballistic. In reflection-

mode imaging, Category I includes all light that propagates as ballistic light, undergoes a 

single backscattering event and then propagates undeflected back to the surface. It 

comprises light scattered within a narrow solid angle around the optic axis. This angle 

depends on the system collection aperture. We explicitly define “single scattering” for the 

purposes of this thesis, as “first-order-Born-approximation scattering” [80]. Under this 

assumption, the sample can be described as the superposition of multiple three-

dimensional, phase gratings, between which there are no interaction effects.  

 
(II) Category II - Low-angle forward-scattered light 

 

The deeper within the sample the single backscattering event takes place, the higher the 

likelihood of the wave being subjected to a number of low-angle forward-scattering events 

both in the direction towards the sample and back towards the system. The portion of this 

light that falls within the collection aperture in its backscattered path is termed Category II. 

Category II light with the backscattering event taking place at the same depth as Category I 

carries a greater optical delay, due to the less direct propagation paths. 

 
(III) Category III - Wide-angle multiply scattered light 
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Category III light has undergone several wide-angle scattering events. For such light, the 

optical delay travelled does not correspond to a specific depth in the sample, i.e., signal 

localisation becomes difficult. In the limiting case of a great number of scattering events 

(diffuse light), precise determination of the optical delay will be lost owing to sample 

dispersion and wavelength-dependent scattering.  

 

 
Figure 4-1. Scattering interaction in tissue classified into three categories. Reproduced from [26]. 

The relative fractions of the three categories of light generated depend on the optical 

properties of the medium, and influence the characteristics of an OCT image of turbid 

tissue.  

4.2.1 Optical properties 

Backscattered intensity and attenuation are the most important characteristics of an OCT 

image of turbid tissue. In OCT, the sample beam is attenuated (scattered and absorbed) on 

the incident path, backscattered, and attenuated again on the return path. The detected 

OCT signal is that component of backscattered light coupled into the collection optics and, 

to different extents, all three scattered components (categories) feature in it. Backscattered 

intensity and attenuation are related to the optical properties of tissue, i.e., the scattering 

coefficient 𝜇𝜇𝑠𝑠, and anisotropy of scattering, 𝑔𝑔, as defined below.  

The OCT backscattered intensity is influenced by the backscattering cross-section, 𝜎𝜎𝑏𝑏,  

of an individual scatterer and the volume density of scatterers, 𝜌𝜌𝑆𝑆, and by the sample beam 

NA. The OCT signal attenuation is determined by the tissue scattering coefficient, its 

anisotropy, and the thickness of tissue, 𝑧𝑧0, containing a certain scatterer concentration. 

Contrast in OCT imaging can be augmented by measurement of the attenuation 

coefficient, which has been demonstrated as a means for identifying lesions in cancer 

imaging [253-256] and plaque components in atherosclerotic arteries [257, 258]. 
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Mie scattering theory 

The optical properties of tissue can be estimated using Mie scattering theory. The German 

physicist Gustav Mie was the first who described light interaction with particles of size 

comparable to the wavelength of light, such as biological cells and cellular components. He 

formulated a solution to Maxwell's equations describing the scattering of an 

electromagnetic plane wave by a homogeneous dielectric sphere. The solution takes the 

form of an infinite series of spherical multipole partial waves. Mie theory includes also 

solutions of Maxwell's equations for scattering by stratified spheres or by infinite cylinders, 

or other geometries where one can write separate equations for the radial and angular 

dependence of solutions. The formalism allows the calculation of the electric and magnetic 

fields inside and outside a spherical object and is generally used to calculate either how 

much light is scattered, i.e., the scattering cross-section, 𝜎𝜎𝑆𝑆, for a single particle, or the 

scattering coefficient, 𝜇𝜇𝑆𝑆, for a collection of particles, assuming independence of scatterers. 

It also enables the description of the directionality of scattering, via the scattering function, 

𝑝𝑝(𝜃𝜃), or a scalar indicator of its non-uniformity, the anisotropy of scattering, 𝑔𝑔. 

Particles here means an aggregation of dielectric spheres of refractive index (𝑆𝑆𝑠𝑠) that 

differs from the refractive index of its surroundings (𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚). The dipole radiation pattern 

(for example, from oscillating electrons in molecules) of such particles superimpose to yield 

a strong net source of scattered radiation. Also, the radiation patterns from all the dipoles 

interfere both constructively and destructively to form a far-field radiation pattern. Hence, 

particles scatter light in various directions with varying efficiency [259]. 

Mie's solution for a collection of dielectric spheres is described in terms of two 

parameters, 𝑆𝑆𝑟𝑟 and 𝑥𝑥: the magnitude of refractive index mismatch between particle and 

medium expressed as the ratio of the refractive index for particle, 𝑆𝑆𝑠𝑠𝑝𝑝, and medium 𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚 , 

𝑆𝑆𝑟𝑟 =
𝑆𝑆𝑠𝑠𝑝𝑝
𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚

, (4-1) 

and the size of the surface of refractive index mismatch, expressed as a size parameter 𝑥𝑥 

which is the ratio of the particle size (meridional circumference of the sphere, 𝜋𝜋𝑠𝑠, where 𝑠𝑠 

is the diameter) to the wavelength of light in the medium  𝜆𝜆0 𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚� , 

𝑥𝑥 =
𝜋𝜋𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚𝑠𝑠
𝜆𝜆0

. (4-2) 

Figure 4-2 shows a Mie theory calculation which yields the scattering efficiency 𝑄𝑄𝑆𝑆 as a 

function of the particle size-to-wavelength ratio, for a wavelength of 840 nm and up to a 
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particle diameter of 5.5 µm, with 𝑆𝑆𝑠𝑠= 1.48 and 𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚=1.42. The scattering efficiency 𝑄𝑄𝑆𝑆 

may be evaluated by integrating the time-averaged Poynting vector found from Mie’s 

solution, on a surface surrounding the sphere, and it relates the scattering cross-section, (𝜎𝜎𝑆𝑆 

[mm2]), to the true geometrical cross-sectional area of the particle, (𝐴𝐴𝑆𝑆 = 𝜋𝜋 𝑚𝑚2

4
, [mm2]), 

𝜎𝜎𝑆𝑆 = 𝑄𝑄𝑆𝑆𝐴𝐴𝑆𝑆. (4-3) 

The scattering coefficient 𝜇𝜇𝑆𝑆 [mm-1] describes a medium containing many scattering 

particles at a concentration (or volume density) 𝜌𝜌𝑆𝑆 [mm-3]. Under the assumption of the 

first-order Born approximation, i.e., scattered waves do not interact further with the 

medium, the scattering coefficient is essentially the cross-sectional area of scattering per 

unit volume of medium. In fact, the scattering coefficient is: 

𝜇𝜇𝑆𝑆 = 𝜎𝜎𝑆𝑆𝜌𝜌𝑆𝑆. (4-4) 

Experimentally, the units [mm-1] for 𝜇𝜇𝑆𝑆 are inverse length, such that the scattering 

parameter 𝑠𝑠 = 𝜇𝜇𝑆𝑆𝑧𝑧0 is dimensionless, where 𝑧𝑧0 [mm] is the wave pathlength of travel 

through the medium.  

The anisotropy of scattering, 𝑔𝑔 [dimensionless], is a measure of the amount of forward 

direction retained by the wave after a single scattering event. Imagine that a plane wave is 

scattered by a particle so that its scattered plane wave components’ trajectories make an 

angle 𝜃𝜃 to the incident wavevector. Then the component of each new trajectory which is 

aligned in the forward direction is cos𝜃𝜃. Anisotropy is the expectation value, i.e., the mean, 

for cos𝜃𝜃: 

𝑔𝑔 = �𝑝𝑝(𝜃𝜃)
𝜋𝜋

0

cos𝜃𝜃2𝜋𝜋sin𝜃𝜃𝑠𝑠𝜃𝜃 = 〈cos𝜃𝜃〉, (4-5) 

where ∫ 𝑝𝑝(𝜃𝜃)𝜋𝜋
0 2𝜋𝜋sin𝜃𝜃𝑠𝑠𝜃𝜃 = 1.  

The angular dependence of scattering is called the scattering function, 𝑝𝑝(𝜃𝜃), which has 

units of [sr-1] and describes the proportion of scattered wave intensity per unit solid angle 

oriented at an angle 𝜃𝜃 relative to the incident wavevector. The 𝑝𝑝(𝜃𝜃) has historically also 

been called the scattering phase function.  

For example, an isotropic scattering function scattering light with uniform scattering 

efficiency in all directions would have the form: 𝑝𝑝(𝜃𝜃) = 1
4𝜋𝜋� . The Henyey-Greenstein 
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scattering function [260], 𝑝𝑝(𝜃𝜃) = 1
4𝜋𝜋

1−𝑔𝑔2

�(1+𝑔𝑔2−2𝑔𝑔cos𝜃𝜃)3
 is a convenient analytical scattering 

function approximating the Mie scattering function. 

Figure 4-2 also shows the 3-D scattering function, plotted on a logarithmic scale 

spanning 80 dB in x, y, and z. The movie shows the scattering function changing as the size 

parameter increases, and becoming more and more anisotropic. 

 
Figure 4-2. Mie theory of scattering of a plane wave by a sperical dielectric particle. The scattering efficiency 𝑄𝑄𝑆𝑆 as a 
function of the particle size-to-wavelength ratio is plotted in the bottom left, for a wavelength of 840 nm and up to a 
particle diameter of 5.5 µm, 𝑆𝑆𝑠𝑠= 1.48 and 𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚=1.42. The scattering function, plotted on a logarithmic scale spanning 
80 dB in x, y, and z is visible on the right. The movie shows the scattering function changing as the particle size-to-
wavelength ratio increases, becoming more and more anisotropic. Adapted from [251]. 

To illustrate the influence of the tissue optical properties on the relative fractions of the 

three categories of light generated, we consider transmission in a homogeneous medium in 

which absorption can be neglected. Assuming a scattering parameter 𝑠𝑠 = 3, a Henyey-

Greenstein scattering function with anisotropy parameter 𝑔𝑔 = 〈cos 𝜃𝜃〉 of 0.85, and that the 

trajectory of low-angle scattered light does not deviate from the optical axis by an angle 

exceeding θ = 10°, we obtain 5, 20, and 75%, respectively for the proportions of ballistic 

(Category I), low-angle forward-scattered (Category II), and diffuse light (Category III).  

Based on Mie scattering theory, a relatively simple model for the singly scattered 

component (Category I) of the OCT signal can be created. This model will help us to 

estimate optical properties from OCT images of low-scattering samples. 

 We define the reflection coefficient 𝜌𝜌 as the ratio between the modulus of the reflected 

and the incident electromagnetic field amplitudes and express the Lambert-Beer law along 

the axial coordinate 𝑧𝑧, in the absence of absorption, as [261]: 
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〈𝐸𝐸(𝑧𝑧 + 𝑧𝑧0)〉 = 〈𝐸𝐸(𝑧𝑧)〉𝑒𝑒−

𝜇𝜇𝑠𝑠
2 𝑘𝑘0 , (4-6) 

    where 𝐸𝐸(𝑧𝑧) is the scalar electromagnetic field at the position 𝑧𝑧, 〈∙〉 represent the 

ensemble-average operation over many different scatterer distributions of the 

homogeneous medium and the 𝜇𝜇𝑆𝑆 is scattering coefficient of the homogenous medium of 

thickness 𝑧𝑧0.  

Using Eq. (4-6), and a 50:50 beam splitter in the interferometer, and assuming the input 

field 𝐸𝐸0 is a plane wave, we obtain the electromagnetic field amplitudes of reference 𝐸𝐸𝑟𝑟, 

and sample 𝐸𝐸𝑠𝑠 arms, after travelling respectively a certain distance 𝑧𝑧𝑟𝑟 in air before being 

reflected with reflection coefficient 𝜌𝜌𝑟𝑟0, and a certain distance 𝑧𝑧𝑠𝑠 in the scattering 

homogeneous medium with initial reflection coefficient, 𝜌𝜌𝑠𝑠0:  

  
𝐸𝐸𝑟𝑟(𝑧𝑧𝑟𝑟) = 𝜌𝜌𝑟𝑟0

𝐸𝐸0
2
𝑒𝑒𝑖𝑖𝑘𝑘2𝑘𝑘𝑟𝑟 , (4-7) 

              
〈𝐸𝐸𝑠𝑠(𝑧𝑧𝑠𝑠)〉 = 𝜌𝜌𝑠𝑠0

〈𝐸𝐸0〉
2

𝑒𝑒−
𝜇𝜇𝑠𝑠
2 2𝑘𝑘𝑠𝑠〈𝑒𝑒𝑖𝑖𝑘𝑘2𝑘𝑘𝑠𝑠〉. (4-8) 

            

    
The mixed intensity at the detector is 𝐼𝐼 = |𝐸𝐸𝑟𝑟 + 𝐸𝐸𝑠𝑠|2. Using the relation |𝐴𝐴1 + 𝐴𝐴2|2 =

|𝐴𝐴1|2 + |𝐴𝐴2|2 + |𝐴𝐴1||𝐴𝐴2|cos(𝜑𝜑2 − 𝜑𝜑1) where 𝐴𝐴𝑙𝑙 is a complex number with phase 𝜑𝜑𝑙𝑙, 

the intensity can be written as: 

  𝐼𝐼 = |𝐸𝐸𝑟𝑟|2 + |𝐸𝐸𝑠𝑠|2 + |𝐸𝐸𝑟𝑟||𝐸𝐸𝑠𝑠|𝑆𝑆𝑐𝑐𝑆𝑆(𝜑𝜑𝑟𝑟 − 𝜑𝜑𝑠𝑠). (4-9) 

          Considering that the photocurrent i at the detector is proportional to the intensity, we 

obtain: 

  〈𝑆𝑆〉 ∝ 〈|𝐸𝐸𝑟𝑟|2 + |𝐸𝐸𝑠𝑠|2 + |𝐸𝐸𝑟𝑟||𝐸𝐸𝑠𝑠|𝑆𝑆𝑐𝑐𝑆𝑆�2𝑘𝑘(𝑧𝑧𝑟𝑟 − 𝑧𝑧𝑠𝑠)�〉 
= |𝐸𝐸𝑟𝑟|2 + |𝐸𝐸𝑠𝑠|2 + 2𝜌𝜌𝑟𝑟0

〈𝐸𝐸0〉
2
𝜌𝜌𝑠𝑠0

〈𝐸𝐸0〉
2
𝑒𝑒−𝜇𝜇𝑠𝑠𝑘𝑘𝑠𝑠〈𝑆𝑆𝑐𝑐𝑆𝑆�2𝑘𝑘(𝑧𝑧𝑟𝑟 − 𝑧𝑧𝑠𝑠)�〉, 

(4-10) 

             

  
where the ensemble-averaged phase modulated term, 𝑆𝑆𝑝𝑝𝑚𝑚, is: 

  
〈𝑆𝑆𝑝𝑝𝑚𝑚〉 ∝

〈𝐸𝐸0〉2

2
𝜌𝜌𝑟𝑟0𝜌𝜌𝑠𝑠0𝑒𝑒−𝜇𝜇𝑠𝑠𝑘𝑘𝑠𝑠〈𝑆𝑆𝑐𝑐𝑆𝑆(2𝑘𝑘∆𝑧𝑧)〉. (4-11) 

               

 

As the reflection coefficient of the reference arm as well as the input power remain 

constant, only the latter part of Eq. (4-11) needs to be considered. Furthermore, in general, 

OCT images are displayed in logarithmic units of power ratios, so the ensemble-averaged 

acquired OCT signal intensity, 〈𝑎𝑎𝑂𝑂𝑂𝑂𝑇𝑇〉2, is displayed as the square of the measured 

photocurrent: 

  〈𝑎𝑎𝑂𝑂𝑂𝑂𝑇𝑇〉2 = 〈𝑆𝑆𝑝𝑝𝑚𝑚〉2 ∝ 𝜌𝜌𝑠𝑠02𝑒𝑒−2𝜇𝜇𝑠𝑠𝑘𝑘𝑠𝑠 = 𝑅𝑅𝑠𝑠0𝑒𝑒−2𝜇𝜇𝑠𝑠𝑘𝑘𝑠𝑠 , (4-12) 

          where 𝑅𝑅𝑠𝑠0 is the reflectance of the sample arm, which is the ratio of intensities. 
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Measuring optical properties 

Figure 4-3 presents a typical OCT depth scan (A-scan amplitude) of a homogeneous 

sample, transversely averaged, for which the backscattered intensity and attenuation 

coefficients are to be extracted. Averaging is important, as it allows for the reduction of the 

high spatial frequency fluctuations caused by speckle. Compensating for the focusing effect 

of the optics used for illumination and detection is also important, and has been performed 

in the data presented in Figure 4-3 [262, 263]. More details on accounting for those effects 

are in Section 4.6.2.  

 
Figure 4-3. Typical average OCT signal, on a logarithmic scale, as a function of depth. The straight line illustrates a fit 
performed between the two vertical lines to extract the parameters 𝜌𝜌𝑠𝑠0 and 𝜇𝜇𝑡𝑡 . Reproduced from [29]. 

In Figure 4-3, the surface of the sample is located at 0 mm physical path length, 

corresponding to a sharp increase in the OCT signal strength. We extract two parameters 

from the OCT measurement: the backscattering amplitude, 𝜌𝜌𝑠𝑠0, the square root of the 

backscattering intensity, and the OCT attenuation coefficient, 𝜇𝜇𝑡𝑡.  

To develop a phantom simulating a certain tissue, the values of 𝜌𝜌𝑠𝑠0 and 𝜇𝜇𝑡𝑡 must be 

measured and the phantom fabricated to match them. Use of a reference measurement 

ensures that the optical characterization is independent of variations in system response, 

either inter-system or intra-system, accounting, for example, for polarization effects or 

variations in the optical source power. The backscattering amplitude measurement can be 

calibrated against a known value from a low-scattering dilute microsphere solution [257]. 

An alternative solution which does not require prior knowledge of the backscattering 

amplitude normalizes the average OCT amplitude by dividing it by a reference value [264]. 
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Fitting the variation of the normalized averaged OCT amplitude 〈𝑎𝑎𝑂𝑂𝑂𝑂𝑇𝑇〉 as a function of 

physical path length, 𝑧𝑧𝑠𝑠, with an exponential decay from the sample surface, provides 

ln(〈𝑎𝑎𝐷𝐷𝐶𝐶𝑂𝑂〉) ∝ ln(𝜌𝜌𝑠𝑠0) − 𝜇𝜇𝑠𝑠𝑧𝑧𝑠𝑠. (4-13) 

In Figure 4-3, deviations from the expected single exponential dependence are 

observed near the surface and deep within the sample, which is commonly observed when 

performing such measurements. The collected OCT signal is composed of ballistic 

(Category I) and low-angle forward-scattered (Category II) waves [265]. We begin the 

fitting procedure at some distance from the surface, e.g., to the right of the first black 

vertical line in Figure 4-3, to allow, in low scattering samples, to equate the measurement of 

𝜇𝜇𝑡𝑡 to the measurement of the scattering coefficient 𝜇𝜇𝑠𝑠, in absence of absorption. 

For larger depths, the increase in the OCT signal is a clear signature of multiple 

scattering (Category III) [266]. In this region, the OCT signal is not solely due to ballistic 

and low-angle forward-scattered waves, but also to multiply scattered waves. Departure 

from a single exponential decay may be due to other factors, such as heterogeneities in the 

sample. When using a linear fit to extract the attenuation coefficient, this region is avoided 

such that the fit does not extend beyond the second black vertical line in Figure 4-3.  

 

Comments on optical properties and phantom fabrication 

When fabricating an OCT phantom, one usually introduces scatterers into a matrix. The 

main contribution to the backscattering is expected from the scatterers, but there could be 

contributions from the matrix as well, which need to be characterised. 

So far, we have not considered the scattering anisotropy. The development of OCT 

phantoms with controlled anisotropy is dealt with in Section 4.3.2. 

An important consideration for OCT imaging is speckle, as we shall see in Chapter 5. 

Speckle is not an optical property of the tissue, but the result of imaging the tissue with a 

coherent technique. The collected backscattered light is the summation of the light waves 

returning from a set of scatterers contained within the probed volume (resolution volume), 

which is determined by the coherence length of the source and the illumination spot size at 

that depth. The coherent interference of these backscattered components, plus any 

multiply scattered components, gives rise to the grainy structure observed in OCT images 

[160]. The inverse problem of reconstructing the sub-resolution scatterer distribution that 

produces a speckle pattern is grossly ill-posed. Hence, only the statistics of speckle patterns 

are relevant when designing tissue-simulating phantoms. Nonetheless, speckle patterns of 

fully developed speckle, i.e., with no spatial or temporal averaging present, have first- and 
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second-order statistics that are independent of scatterer distribution, other than in cases 

where the effective number of scatterers in the resolution volume is very small [173] or 

where multiple scattering is present [267]. The first-order statistics of speckle in OCT 

depart from a Rayleigh distribution only if the number of scatterers in a resolution volume 

is less than around 5 [173]. This should be taken into consideration when determining the 

concentration of scatterers during phantom fabrication. Speckle contrast ratio serves as a 

useful parameter for speckle characterisation. Speckle contrast ratio is defined as the 

standard deviation of the OCT amplitude divided by the average amplitude in an image. 

Assuming a Rayleigh distribution, the speckle contrast ratio corresponding to fully 

developed speckle in homogenous tissue is 0.52. This also implies that the scatterers have 

dimensions much smaller than the volume probed by the OCT system. All the phantoms 

discussed in the following are based on a matrix containing discrete scatterers and will, 

thus, provide fully developed Rayleigh-distributed speckle patterns. 

4.3 Controlling the optical properties of  OCT phantoms 

Silicone phantoms, previously reviewed in the context of biomedical optics by Pogue and 

Patterson [230], were first introduced in the context of OCT by Oldenburg et al. [268], who 

made use of their mechanical properties to demonstrate magnetomotive contrast in OCT. 

Commercial silicone kits, that include compound and catalyst, can be purchased from 

numerous manufacturers. When mixed, the two components cure at room temperature. 

Curing can also be accelerated by heating. As discussed in Section 4.4.1, adding 

polydimethylsiloxane (PDMS) oil softens the silicone, but these formulations require weeks 

to cure if not heated, due to the reduction in cross-linking brought about by the PDMS oil. 

Silicone provides a soft matrix to which one can integrate a variety of inorganic scatterers 

and absorbers to control the optical properties. These additives are introduced prior to 

adding the catalyst. For OCT phantoms, the following scatterers have been reported: 

titanium dioxide [141, 268-272], silica microspheres [263], alumina [264], and, more 

recently, gold nanoshells [273]. The following absorbing agents have been reported: carbon 

black [264] and dye [271]. Graphite and dry ink have also been used as absorbers in [42], 

but without success, as this resulted in an inhomogeneous solution. 

The largest challenge in fabricating a silicone phantom is obtaining a homogeneous 

distribution of scatterers and absorbers without aggregates, sedimentation or air bubbles. 

Different techniques can be used separately or in combination to ensure a homogeneous 

distribution of scatterers and absorbers in the silicone matrix: e.g., sonication [141, 263, 
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264, 268, 270-272], thinning of silicone before curing with hexane followed by evaporation 

[263, 272], and degassing under vacuum [271]. 

4.3.1 OCT silicone phantoms with varying attenuation coefficients 

The silicone matrix has a very uniform refractive index that is close to that of tissues and 

contributes very little to the scattering. For example, Sylgard 184 (Dow Corning) has a 

refractive index of about 1.4 [274] at a wavelength of 1.3 μm and an attenuation coefficient 

of less than 0.5 mm−1. A shortcoming of silicone phantoms is that the most often used 

inorganic scatterers have refractive indices that are much larger than biological structures. 

For example, alumina has a refractive index of 1.76 and titanium dioxide has a refractive 

index of ~2.5. Silica microspheres have more relevant refractive index values but have been 

less often used to fabricate OCT phantoms. 

Figure 4-4 shows a typical calibration curve for a silicone matrix containing alumina. It 

demonstrates that a wide range of attenuation coefficients similar to those of tissue can be 

obtained. This figure also exhibits an important feature: for low-scattering samples, the 

backscattered amplitude increases as the square root of the scatterer concentration, hence 

backscattering intensity scales linearly with concentration. This is related to the fact that 

OCT is a coherent detection technique [263, 264]. The optical properties of silicone 

phantoms with inorganic scatterers and absorbers have been shown to remain stable for at 

least one year after fabrication [264, 275]. 

 
Figure 4-4. OCT signal characteristics as a function of increasing scatterer concentration. (a) Backscattered amplitude and 
(b) total attenuation coefficient of silicone phantoms with different concentrations of alumina. Red line in (a) illustrates a 
fitted square-law dependency of the backscattered amplitude upon the concentration of alumina. Reproduced from [29]. 

The attenuation coefficient 𝜇𝜇𝑡𝑡 in Figure 4-4 scales linearly with scatterer concentration, 

and coincides with the scattering coefficient 𝜇𝜇𝑠𝑠, as estimated from Mie theory, up to 

~4 mm-1. Above this value, contribution from Category II and III light starts to 

increasingly appear, reducing the attenuation as explained in [276, 277]. 
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4.3.2 OCT silicone phantoms with varying anisotropy 

We manufactured three phantoms as sources of controlled, turbid tissue-like scattering, 

following the method of Bisaillon et al. [263]. In the work reported in this thesis, these 

phantoms have been overlaid on other test targets to study the effect of Bessel beams on 

OCT image quality through different realistic scattering conditions. We shall call these 

phantoms scattering overlayers. 

The overlayers are 150 µm-thick slabs room-temperature vulcanizing (RTV) silicone 

(RT601, Wacker, Germany, group refractive index 𝑆𝑆𝑚𝑚𝑒𝑒𝑚𝑚 = 1.42), containing a uniform-

density mono-distribution of poly-methyl methacrylate (PMMA) spheres (Bangs 

Laboratories, USA, refractive index 𝑆𝑆𝑠𝑠𝑝𝑝 = 1.48). The spheres in each overlayer have 

different nominal diameters and concentration, chosen to produce the same scattering 

coefficient, 𝜇𝜇𝑠𝑠 = 3.7 mm-1 and different anisotropy 𝑔𝑔 (see Table 4-1, and Figure 4-5), as 

calculated from Mie theory [278, 279]. The refractive indices, sphere sizes, resulting 

scattering coefficient, and thickness were chosen to be representative of typical human soft 

tissue, such as skin, muscle or epithelial tissue [280, 281].  

Additionally, we manufactured a transparent, scattering-free silicone overlayer for 

comparison, to compensate for the axial focal shift and spherical aberration taking place in 

the silicone matrix of the scattering overlayers. Design attributes of the overlayers are 

shown in Figure 4-5. We also represented these overlayers in a numerical simulation of a 

volume section of 80 x 80 x 150 µm (𝑥𝑥 𝑦𝑦 𝑧𝑧). These tissue simulations will be used as input 

to the optical simulation suite used in Chapter 5 to study OCT image formation with 

realistic light-tissue interaction. Ten different realizations of the sphere distribution in the 

overlayers will be computationally generated for each overlayer type, to be able to obtain an 

ensemble-averaged measure of the irradiance of the beam after propagation through the 

overlayer. One of those realizations is already shown here for each of the four overlayers in 

Figure 4-5(b). Figure 4-5(c) shows the logarithmic Mie theory scattering function plots 

(with a 30 dB dynamic range) for the spheres employed in each of the three overlayers, 

normalized to the forward direction, providing a visual representation of the scattering 

anisotropies tested. 

Table 4-1. Specified and calculated scattering overlayer characteristics 

Overlayer 1 2 3 
Medium refractive index 1.42 1.42 1.42 
Sphere refractive index 1.48 1.48 1.48 
Sphere diameter (µm) 1.3 3.36 5.5 

Sphere concentration (x103 µm-3) 16,700 400 69 
Scattering coefficient µs (mm-1) 3.7 3.7 3.7 

Scattering anisotropy g  0.946 0.987 0.993 
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Figure 4-5. Scattering overlayers. Three different mono-dispersions of PMMA spheres (n = 1.48) in RTV silicone (n = 
1.42), providing the same scattering coefficient (µs = 3.7 mm-1) but increasing scatterer size and, therefore, scattering 
anisotropy. The overlayers are nominally 150 µm thick. A sphere-free (SF) silicon overlayer (at left) is used for 
comparison. (a) Experimental and (b) simulated overlayers with equal sphere concentration. The transverse area (802 µm2) 
of the volume intersects 95% of the input beam power. Colour codes for depth. (c) Mie theory phase function plots for 
the spheres employed in each of the scattering overlayers. Reproduced from [28]. 

The design optical properties of these phantoms were subsequently validated from both 

the optical simulation and the OCT images, as described in the next section. 

4.3.3 Scattering overlayers validation 

The scattering coefficient was initially estimated using Mie theory, from the input 

parameters given in Table 4-1, to be 3.7 mm-1. It was verified computationally with a value 

𝜇𝜇𝑠𝑠 ~ 4.0 mm-1, by evaluating, as we shall see in Chapter 6, the ensemble-averaged Gaussian 
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beam irradiance attenuation at focus, and solving for the scattering coefficient, 𝜇𝜇𝑠𝑠, Eq. 

(4-14), the Beer-Lambert law reported in Eq. (4-6), but written for the beam powers: 

𝐼𝐼𝑛𝑛𝑢𝑢𝑡𝑡 = 𝐼𝐼𝑖𝑖𝑙𝑙𝑒𝑒−𝜇𝜇𝑠𝑠𝑘𝑘0 , (4-14) 

where 𝐼𝐼𝑛𝑛𝑢𝑢𝑡𝑡 is the beam power after a single-pass through the overlayer, 𝐼𝐼𝑖𝑖𝑙𝑙 is the beam 

power before the overlayer, and 𝑧𝑧0 is the overlayer thickness. As we are dealing with a 

converging beam (not a collimated beam, as in the original formulation of equation 

Eq. (4-14)[278]), comparing the irradiance on the optical axis before and after the overlayer 

would produce an erroneous result. A direct measurement of 𝐼𝐼𝑖𝑖𝑙𝑙 would require a spatial 

integration and, for 𝐼𝐼𝑛𝑛𝑢𝑢𝑡𝑡, integration over a pinhole. For the sake of simplicity, a point 

measurement was chosen for the beam power evaluation. So, for consistency, we evaluated 

the focal on-axis irradiance after the scattering-free overlayer in place of 𝐼𝐼𝑖𝑖𝑙𝑙 and the 

ensemble-averaged focal on-axis irradiance after the other overlayers for 𝐼𝐼𝑛𝑛𝑢𝑢𝑡𝑡.  

The agreement between theory and computation was good and a scattering parameter, 

 𝑠𝑠 = 𝜇𝜇𝑆𝑆𝑧𝑧0 ≅ 1  ensured that a parameter space in which single (Category I) and multiple 

scattering (Category II) coexist in the sample was being probed [282]. 

For Overlayer 2, we also experimentally measured the OCT attenuation coefficient, 𝜇𝜇𝑡𝑡, 

to be 𝜇𝜇𝑡𝑡~ 3.0 mm-1 (Figure 4-5(a)), obtained using the correction method described in 

Scolaro et al. [255]. For Overlayer 3, we measured 𝜇𝜇𝑡𝑡 ~ 2.4 mm-1. As we start to have signal 

contribution from Category II light, we cannot simply use the model of Eq. (4-12) and 

Eq. (4-13). The reason for the difference between 𝜇𝜇𝑠𝑠   (defined for a collimated beam) and 

𝜇𝜇𝑡𝑡 measured by OCT and the decreasing trend of 𝜇𝜇𝑡𝑡 with increasing anisotropy, 𝑔𝑔, is 

explained in Kalkman et al. [276]. Overlayer 1 had a slightly greater thickness, resulting in a 

higher effective scattering parameter, due to manufacturing tolerances.  

A thorough theory of the combined effect of scattering coefficient and anisotropy on 

the OCT backscattering intensity and attenuation are beyond the scope of this thesis. 

Nevertheless, by considering, for a given scattering coefficient, 𝜇𝜇𝑠𝑠, the effect of increasing 

anisotropy on the measured OCT attenuation coefficient, 𝜇𝜇𝑡𝑡, we could recognize the 

expected trend and confirm good agreement also between computational and experimental 

overlayers. 

The manufacturing and validation process for these overlayers gave us confidence that 

we can use these phantoms to study the effect of different-shaped beams on OCT image 

quality through different tissue-like scattering conditions, as described in Chapter 6.  

In the following section, we are going to review additional properties that we are able to 

control in durable and repeatable phantoms, in order to mimic tissue samples.  



90 Chapter 4  Structured phantoms: a tool to mimic turbid tissue and measure image quality 

 

4.4 Mechanical properties 

Although contrast in OCT is determined by optical properties, a number of OCT 

derivative techniques are also influenced by mechanical properties. For example, OCE 

provides images based on mechanical contrast [22]; magnetomotive OCT [268] and 

photothermal OCT [283] measure tissue deformation induced using nanoparticles to 

enhance image contrast; and intravascular OCT [233] can image the inside of vessels which 

deform in response to intra-arterial pressure or percutaneous interventions such as 

angioplasty [284, 285]. In addition, needle [232] and hand-held [286] probes, developed to 

broaden the clinical applications of OCT, come into direct contact with soft tissue during 

image acquisition, such that the mechanical properties significantly influence image quality. 

To optimize these techniques and technologies, it is critical to develop phantoms that 

accurately simulate tissue mechanical properties. In this section, we review the 

development of phantoms with controllable mechanical properties simulating those of 

tissue. 

 

Definition of mechanical properties 

Mechanical properties characterize a material’s response to an applied load and the two 

most important such properties are elasticity and viscoelasticity. 

The elasticity of a material is often characterized using the Young’s modulus, as 

described in Section 2.2.1, defined as the ratio of stress, the force per unit area, to strain, 

the fractional change in length of a sample: 

𝐸𝐸 = 𝜎𝜎
𝜀𝜀0

=
𝐹𝐹
𝐴𝐴�

Δ𝑙𝑙
𝑙𝑙0�

, (4-15) 

where E is the Young’s modulus, 𝜎𝜎 is the stress, 𝜀𝜀0 is the strain, 𝐷𝐷 is the applied force, 𝐴𝐴 is 

the area, Δ𝑙𝑙 is the change in length, and 𝑙𝑙0 is the original length of the sample. For a linearly 

elastic material, the Young’s modulus is defined as the slope of the stress-strain curve. 

However, most biological tissues exhibit nonlinear elastic behaviour at strains higher than 

~0.1 [146]. Therefore, a representative Young’s modulus for these materials is usually 

calculated in the regime of low strain, as illustrated in Figure 4-6(a). Although the 

mechanical behaviour of biological tissues can be highly nonlinear, the Young’s modulus 

provides a convenient measure for comparison of tissue types, as well as a means to 

distinguish between pathological and benign tissue [146]. The Young’s modulus of soft, 

healthy tissues, such as adipose, muscle, and liver, ranges from 1 to 34 kPa [133, 287], 
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whereas, the Young’s modulus of some common types of cancerous tumours has been 

measured to be between 112 kPa [146] and 638 kPa [287]. 

Soft biological tissues are typically viscoelastic, i.e., they exhibit both elastic, or time-

independent, and viscous, or time-dependent, components in their mechanical behaviour. 

The viscous component inherently causes a time-dependent strain in response to a 

constant stress. This phenomenon is known as creep. The strain of a viscoelastic material is 

described by [288] 

𝜀𝜀(𝑡𝑡) = 𝜀𝜀0 + 𝜀𝜀1 �1 − e−
𝐵𝐵
𝑇𝑇1�, (4-16) 

where 𝜀𝜀0 is the elastic strain, 𝜀𝜀1 is the viscoelastic strain, and 𝑂𝑂1 is the retardation time 

constant, defined as the time at which the strain has risen to within 1/e of its final value 

[288]. The strain induced in a viscoelastic material is illustrated in Figure 4-6(b), where both 

the elastic strain, the instantaneous material response to an applied load, and viscoelastic 

strain, the time-dependent response to a constant load, are observed. Viscoelasticity is 

known to vary significantly between different tissues types [289] and, in ultrasound, has 

been proposed as a contrast mechanism to distinguish between diseased and healthy tissue 

[290]. Analysis of tissue mechanical properties in OCT has focused predominantly on 

elastic properties; however, in order to accurately characterise mechanical behaviour, the 

viscoelastic properties should also be taken into account. The viscoelastic properties of 

tissue have been exploited in OCT for gaining additional contrast [291] and reducing 

speckle contrast [269]. 

 

Measuring mechanical properties 

The elasticity of materials can be measured by performing a standard uniaxial load test 

using a materials testing machine. These devices apply either a tensile or compressive load 

to a sample positioned between two rigid plates. In the tensile case, a sample is clamped 

between two fixtures, and one fixture is moved away from the other at a constant rate 

(strain rate), stretching the sample. In the compressive case, a moving plate compresses the 

sample against an underlying stationary plate, as shown in Figure 4-6(c). In both tensile and 

compressive cases, during loading, a sensor measures the overall force applied to the 

sample, while a separate sensor measures the displacement introduced to the sample. The 

stress-strain curve may then be generated from the recorded force and displacement data 

using Eq. (4-15), as shown in Figure 4-6(a) for the compressive case. When the strain rate is 

changed (increased) the stress-strain curve of a viscoelastic material will also change. For 

tissues this curve is non-linear. Therefore the Young’s modulus, defined as the tangent 
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modulus, will be different for different parts of the curve, referred to as “strain hardening”. 

If the force is held constant, a creep curve such as that in Figure 4-6(b) may also be 

generated using these devices. Other methods for testing the viscoelastic response of 

materials include a stress relaxation test (measuring time-dependent stress for a constant 

strain), or dynamic mechanical analysis that uses opposite rotation of two plates contacting 

the specimen (measuring the time lag of the material response to a periodic load). 

 
Figure 4-6. Measurements of elasticity and viscoelasticity of materials and apparatus. (a) Stress-strain curve, highlighting 
the region of linear elasticity from which Young’s modulus is calculated. (b) Creep curve for characterisation of 
viscoelastic materials. (c) Photograph of Instron compression tester. Adapted from [29]. 

4.4.1 Controlling the mechanical properties of  OCT silicone phantoms 

The mechanical properties of silicone phantoms are controlled by varying the cross-link 

density; i.e., by varying the ratio of catalyst to cross-linker. This was explored by Jiang et al. 

[292] and later implemented in phantoms for magnetomotive OCT [268] and OCE [141]. 

Importantly for OCT techniques, the optical and mechanical properties of silicone 

phantoms can be controlled independently [292]. Table 4-2 illustrates the effect of varying 

the ratio of cross-linker to catalyst for a particular commercially available silicone, Wacker 

Elastosil 601, used previously for phantoms in OCE [141]. This material has similar 

mechanical properties to other silicones that have been used for fabrication of OCT 

phantoms [264, 268]. Using this silicone, a Young’s modulus range of ~100 kPa to ~5 MPa 

is achievable [141], which covers a wide range of tissue elasticities. However, unlike tissues, 

these silicone phantoms have very low viscoelasticity. 

Table 4-2. Young’s modulus of various mixing ratios (Cross-linker: Catalyst) for Wacker Elastosil 
601 silicone phantoms 

Mixing ratio 
Young’s modulus 

(kPa) 
1:5 4910 
1:15 3060 
1:20 1483 
1:30 1008 
1:40 286 
1:50 127 
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Very soft tissues such as adipose, brain and liver, have elastic moduli below 10 kPa 

[133].  

To further reduce the Young’s modulus of silicone phantoms to be in the range of very 

soft tissues, silicone fluid such as PDMS oil may be added prior to curing [268, 270]. 

Silicone fluid does not participate in the curing process, but remains as a fluid within the 

cross-linked polymer network of the cured silicone, resulting in a softer material [293]. 

Table 4-3 lists the measured Young’s modulus of Wacker Elastosil 601 silicone with 

varying concentrations of silicone fluid. Note that by adding PDMS oil, a Young’s modulus 

as low as 10 kPa was achieved. The PDMS oil also alters the viscoelastic properties of 

silicone phantoms [293] making the system more or less viscous depending on the viscosity 

of the silicone fluid added.  

Table 4-3. Young’s modulus of various mixing ratios (Cross-linker: Catalyst: PDMS oil) for Wacker 
Elastosil 601 silicone and Wacker AK50 PDMS oil phantoms 

Mixing ratio 
Young’s modulus 

(kPa) 
1:10:10 316 
1:10:20 122 
1:10:30 81 
1:10:40 38 
1:10:50 23 
1:10:60 10 

 

While addition of silicone fluid provides a convenient solution for adjusting the 

mechanical properties of phantoms, the polymer network for any given silicone elastomer 

can hold only a limited percentage weight of silicone fluid before reaching saturation. 

Manufacturers of silicones have suggested that exceeding this limit can result in a gradual 

exudation of the oil [293], leading to large variations of the phantom’s mechanical 

properties over time. This is a major limitation of this phantom fabrication technique.  

Silicone with very low hardness, such as silicone gels, liquid silicone rubbers and some 

elastomers provide a more durable and reliable alternative to the silicone fluid phantoms 

for simulating very soft tissues.  

 
Figure 4-7. Comparison of range of Young’s moduli of phantom materials and soft tissue. Adapted from [29]. 
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By choosing the appropriate silicone and fabrication process, it is possible to obtain 

phantoms that mimic the mechanical properties of tissue over a wide range, as illustrated 

by the graph in Figure 4-7(c). 

With the ability to independently control optical and mechanical properties of a 

phantom, the remaining challenge to a durable, repeatable and realistic tissue-mimicking 

sample becomes controlling the presence of structure on a scale intermediate between that 

of the OCT system resolution and its field of view. In the next section, we provide a 

solution to this challenge, by presenting, to our knowledge, the first three-dimensional 

structured phantom for OCT.    
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4.5 Structured three-dimensional optical phantom for optical 
coherence tomography [30] 

Andrea Curatolo, Brendan F. Kennedy, and David D. Sampson 

Abstract: We present a three-dimensional structured tissue-mimicking phantom for use in optical 
coherence tomography (OCT). The phantom was fabricated from a silicone matrix and 
titanium dioxide additive using a lithographic casting method capable of producing a wide 
range of well-defined geometries with optical contrast and mesoscopic feature sizes 
relevant to OCT. We describe the fabrication, characterization and OCT imaging of two 
phantoms and demonstrate their utility in assessing the performance of a spatial-diversity 
speckle reduction technique. Such phantoms will be important in the development of 
standards in OCT, as well as in enabling quantitative performance assessment.  
 

© 2011 Optical Society of America 

OCIS Codes: (110.4500) Optical coherence tomography; (170.7050) Turbid media; (110.5220) 
Photolithography; (030.6140) Speckle.  

http://dx.doi.org/10.1364/OL.39.000548 

4.5.1 Introduction 

Tissue-mimicking objects, known as phantoms, are important tools in biomedical imaging 

for calibration, development of standards, investigation of new techniques, and validation 

of theoretical predictions [230]. Although numerous materials have been proposed for 

phantoms, including silicone [263], polyvinyl alcohol (PVA) gels [294] and fibrin [295], to 

date, the vast majority of them have lacked a well-defined three-dimensional (3-D) 

structure. Phantoms have featured either homogeneous optical scattering or consisted of 

simple layers [296] with no 2-D or 3-D structure. The absence of known features has made 

it difficult to quantify the performance of 3-D optical imaging techniques such as optical 

coherence tomography (OCT) [37]. Phantoms containing 2-D geometrical variation, 

including wave-like structures and narrow linear channels, have recently been 

demonstrated. These phantoms are based on a simple modular fabrication method and 

represent a significant advance [271], but the geometries that can be realized are limited. A 

flexible fabrication method for 3-D phantoms with structure of variable but known size 

(and spatial frequency content) on a “mesoscopic” scale, i.e., intermediate between the 

resolution and range of the system, would make feasible the realization of a wide range of 

phantoms. Such phantoms will enable the assessment of OCT feature contrast and 

resolution throughout an imaging volume under realistic scattering conditions, as well as, 

for example, their respective enhancement and degradation, when speckle reduction 

techniques [160] are applied. 

http://dx.doi.org/10.1364/OL.39.000548
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In this paper, we present, to our knowledge, the first versatile technique for the 

fabrication of mesoscopic structured 3-D phantoms for OCT. Fabrication is based on a 

master produced by lithography, which is used in a two-step casting procedure employing a 

silicone elastomer, which provides a transparent matrix, and titanium dioxide (TiO2) 

particles, which provide optical scattering. This method provides well-defined, reproducible 

and independent control over structure and optical properties. We describe the phantom’s 

design and fabrication, its characterisation using OCT, and demonstrate its use in assessing 

feature contrast enhancement and the associated effects on image resolution caused by 

focus-compounding speckle reduction [297]. 

 

4.5.2 Method 

The soft lithography technique known as replica moulding [298] was used to fabricate the 

phantom. Replica moulding involves fabricating a master and using it to cast the phantom. 

Below, we describe the phantom’s design, materials and fabrication. 

 

Design 

The structured 3-D phantoms were designed to form a rectangular block (with nominal 

dimensions 20 mm × 30 mm × 4 mm) constructed from two castings, shown schematically 

(not to scale) in blue and grey in Figure 4-8(a). The 3-D features, the letters “O B E L”, 

protrude from the first (feature) casting (blue in Figure 4-8(a)) and are encased on both 

sides by the second (embedding) casting (gray in Figure 4-8(a)). The letter dimensions 

ranged from 250 μm in height h to between 180 μm and 220 μm in width. The smallest 

features were 45 μm wide and the spacing between the letters was 50 μm. The feature 

protrusion length d was designed to be nominally 250 μm. The depth z0 from the top 

surface of the casting to the features was designed to be nominally 100 μm.  

The phantoms were designed to be imaged from the top and the dimensions were 

chosen so that, for the intended range of scatterer concentrations, the bottom of the letters 

could be imaged. The yellow dashed outline in Figure 4-8(a) indicates the orientation of an 

OCT B-scan. 
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Figure 4-8. 3-D structured phantom design and characterisation. (a) Schematic representation of the structured 3-D 
phantom design (not to scale). The yellow dashed line represents  an OCT B-scan; (b) A photograph of the phantom with 
the feature location indicated by the black arrowhead and an Australian 5 cent coin; (c) Profilometry of the phantom after 
the feature casting (Step 1). Photo-micrographs of the letters: (d) of the feature casting from the front (x-z plane); and of 
the completed phantom (e) from the top (x-y plane). 

Materials 

The phantom materials comprised a silicone elastomer containing a homogeneous 

distribution of optical scatterers. The elastomer was a two-part polydimethylsiloxane 

(PDMS) silicone (Dow Corning, Sylgard® 184 silicone elastomer) comprising a liquid pre-

polymer (Part A) and a curing agent (Part B), employed in a 10:1 ratio. Optical scattering 

was introduced using TiO2 particles (Sigma-Aldrich). The desired concentration of TiO2 

particles was injected into Part A of the silicone, manually mixed with a glass stirring rod, 

and then placed in an ultrasonic bath for 90 minutes to ensure an evenly distributed 

suspension before mixing with Part B. 

Two phantoms were fabricated based on the design described above, both with a TiO2 

particle concentration in the feature casting of 10 mg/mL. The first phantom (Phantom I) 

contained no scatterers in the embedding casting. The second phantom (Phantom II) was 

fabricated with a 3 mg/mL concentration of TiO2 particles in the embedding casting except 

inside the holes of the letter “B”. These holes were filled with transparent epoxy of similar 

refractive index to the elastomer (𝑆𝑆 = 1.41), thus, providing an area of transition from very 

low to high scattering. The scattering coefficients calculated using Mie theory were 
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13.4 mm−1 for the feature casting and 4.3 mm−1 for the embedding casting, which are 

representative of those found in tissue. 

 

Fabrication 

The 250-μm deep-feature master was produced via UV photolithography using a negative 

photoresist (MicroChem SU-8 50). The process involved a laser-printed photolithographic 

mask (chrome layer on a soda-lime glass substrate), on which the letters “OBEL”, reversed, 

were formed from the chrome material not removed by the laser (2 μm minimum feature 

size, 200 nm repeatability (tolerance)). The laser printing sets the overall minimum feature 

size (resolution) of the phantom. The photoresist was spun onto a 3” silicon wafer to 

obtain the required thickness and then placed in contact with the photolithographic mask, 

which acted as a spatial filter. Development of the photoresist followed timed exposure to 

UV light at 365 nm, resulting in a master with the negative imprint of the desired features. 

The master was clamped onto a Teflon frame of dimensions 5 mm × 10 mm × 3 mm, 

to which the first silicone mix was added (blue in Figure 4-8(a)). The master and the frame 

were previously hydrophobized with hexamethyldisil azane (HMDS) for easy cast 

extraction. The frame allowed for outgassing and curing, providing castings free of air 

bubbles and scatterer clumps, whilst maximizing adhesion to the master. The feature 

casting was then placed in a separate larger outer frame, also allowing for outgassing and 

curing, and a second silicone mix was added (the embedding casting). For the feature 

casting, outgassing was performed at 80 kPa at room temperature for 16 hours and then 

curing at 65°C for 3.5 hours. For the embedding casting, outgassing was performed at 80 

kPa at room temperature for 2 hours and then at 65°C for 2.5 hours. A longer outgassing 

and curing time for the feature casting was used to increase its hardness, minimizing the 

risk of tearing the features when extracting the casting from the master. 

Figure 4-8(b) shows a photo of Phantom I beside an Australian 5 cent coin. The feature 

casting topography was measured after the first step and before the second step, using an 

optical profilometer (Veeco NT9100) with z resolution 0.1 nm, x-y resolution 0.49 μm, and 

repeatability 0.05 nm. The result is shown in Figure 4-8(c). The measured feature 

protrusion length d is 270 μm, which exceeds the design value by 20 μm, due to an 

exposure irradiance slightly higher than optimal. In Figure 4-8(d)-(e), photomicrographs of 

different planes of Phantom I are presented. It is apparent from these images that the 

substrate and letter surfaces are not perfectly parallel and that the letter spacings are very 

slightly undercut, which is less apparent from the profilometry. 
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OCT imaging 

3-D OCT images of the phantoms were acquired using a swept-source OCT system 

(Thorlabs OCS1300SS) with a central wavelength of 1325 nm and a bandwidth of 100 nm, 

with a theoretical axial resolution of 7.7 μm in air, theoretical transverse resolution of 

7.5 μm, and a numerical aperture of 0.056. The phantoms were imaged from the top, in 

free space, with the beam focus set to the top of the letters. The images are displayed on an 

8-bit logarithmic grayscale corresponding to a reflectivity dynamic range of approximately 

60 dB. 

4.5.3 Results and discussion 

Figure 4-9(a)-(c) show three cross-sectional planes from the 3-D-OCT data set for 

Phantom I. Figure 4-9(d) shows the orientation and location of these planes with respect to 

the features. Figure 4-10 shows a video of sequential multiplanar views and a fly-through of 

the 3-D solid rendering of the phantom. 

To demonstrate the utility of our phantoms, speckle reduction using focus 

compounding [297] was applied to Phantom II. In this technique, decorrelation is 

introduced between B-scans by varying the axial position of the focus within the sample 

(20 B-scans each offset by 10 μm were used). Speckle reduction is achieved by incoherently 

averaging the decorrelated B-scans. Figure 4-11(a) shows a single B-scan and Figure 4-11(b) 

shows the result of the incoherent averaging. Figure 4-11(c) shows a photomicrograph for 

reference. In Figure 4-11(d)-(e), a close-up of part of the letters “O” and “B” is presented 

for the single B-scan and speckle-reduced cases. Figure 4-11(f) shows a plot of the pixel 

intensities as a function of the lateral position (x-axis) at a depth of 150 μm, corresponding 

to the red and blue lines in Figure 4-11(d)-(e), respectively.  
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Figure 4-9. OCT images of Phantom I and II. Cross-sectional OCT images of Phantom I: (a) B-scan view (x-z plane); (b) 
y-z plane view; (c) en-face view (x-y plane); (Scale bars: 100 μm) and (d) Orientation of planes with respect to the features. 
Solid renderings of volumetric OCT images of: (e) Phantom I; and (f) Phantom II. 

 
Figure 4-10. Video of sequential multiplanar views and a fly-through of the 3-D solid rendering of the phantom. 

A 1.80-fold speckle contrast reduction [296] was obtained, consistent with the 

noticeably much smoother blue line. In addition, signal highs (corresponding to the 
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positions of the letters “O” and “B”) and lows (the gaps between the letters) are more 

clearly defined for the blue curve. The transition between the area with no scattering inside 

the hole of the letter “B” and the right-hand side of the letter “B”, visible at the lateral 

position of 250 μm, provides a good step response test for assessing image resolution. The 

angle of inclination was calculated using the profilometry data to be 89°. The deviation 

from 90° is due to slight imperfection in the master fabrication. However, the step 

response is within one transverse resolution element of OCT B-scan, which is adequate. 

 
Figure 4-11. Speckle reduction performed on Phantom II. (a) Single B-scan; (b) Incoherent average of 20 co-registered 
offset B-scans; (c) Microscope image of the lettering from the front (x-z plane) (Scale bar: 100 μm). Close-up of a portion 
of the letter “B” for: (d) a single B-scan; and (e) the speckle-reduced image; and (f) pixel logarithmic intensities plotted as 
a function of the lateral position (x-axis) for the red and blue lines shown in (d) and (e), respectively. 

The relative signal rise time is a quantitative measure of the degradation of spatial 

(transverse) resolution. The measured 10-90% rise-time ratio of the blue to the red curve is 

1.75. Such quantitative assessment of the loss of resolution in speckle reduction techniques 

[299] is not possible for biological and other samples with inherently unknown 3-D feature 

sizes. 
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The fabrication technique presented here is very versatile. The smallest feature size is 

set by the optical lithography system resolution (2 μm) and the largest feature size can 

exceed 1 mm. The two-step casting procedure requires carefully manufactured frames. 

Error in the frame dimensions caused the most prominent deviation of the feature 

distance, z0, from the design requirement in Phantom I. The phantoms have an expected 

two-year lifetime set by the properties of the elastomer. The technique allows for 

incorporation of other scatterers and absorbers [271], and provides scope for use of more 

durable matrices, e.g., polyurethane [236]. Structured 3-D phantoms are likely to be of 

considerable value in various aspects of OCT. 

They will be invaluable in the development of calibration procedures [225, 273, 300, 

301] and standards for inter-comparison [231]. Beyond the quantification of speckle 

reduction demonstrated here, they could be used in the study of beam propagation and 

multiple scattering effects [267] and other imaging artefacts due to beam-sample 

interactions. By varying the stiffness between the feature and the embedding castings, the 

phantom could also be used in assessing the performance of optical coherence 

elastography [104]. 

4.5.4 Conclusions 

We have presented a novel structured 3-D phantom for use in OCT, which was fabricated 

from silicone and TiO2 particles in a two-stage casting process using a photolithography 

master. The phantom was designed to exhibit mesoscopic feature sizes and its fabricated 

dimensions matched well with design to within the tolerance, which was below the OCT 

system resolution in the x-z plane. We demonstrated the utility of the phantom by 

quantitatively evaluating the spatial resolution and speckle contrast in a focus compounding 

speckle reduction scheme. We expect such phantoms to prove invaluable in providing for 

the first time quantitative reproducible benchmark standard imaging targets for OCT. 
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4.6 Image quality test targets 

There are several indirect ways to estimate OCT image quality descriptors, such as 

resolution, DOF and contrast. For transverse resolution and DOF, these include acquiring 

illumination (and detection, if different) beam profiles and measuring the transverse spot 

size and FWHM axial intensity profile. For axial resolution, these include measuring the 

spectral bandwidth of the light source and calculating the resulting theoretical axial 

resolution, according to Eq. (2-33). For contrast, these include an estimation from the 

scatterer concentration ratio between two neighbouring sample regions of interest (ROIs), 

if the tissue above the ROIs is homogenous.   

 In comparison, it is standard practice in other medical imaging modalities, such as 

ultrasound imaging, to use purpose-built standard targets to test these image quality 

descriptors [302], allowing a direct estimation from an image.  

In OCT, several groups [225, 273, 300, 301, 303] have developed phantoms to measure 

the PSF, as this parameter defines spatial resolution in three dimensions. Most of these 

groups used a nanoparticle-embedded phantom, which permits rapid PSF determination 

throughout the field of view, allowing also for estimation of the DOF. 

Other groups [304, 305] have concentrated on building tissue-mimicking scattering 

phantoms to test contrast. These phantoms are very valuable, but generally lack transverse 

structure, making the contrast analysis valid mainly in the axial direction, without 

decoupling it from the effect of OCT attenuation.  

4.6.1 Point spread function and contrast phantoms characteristics 

In this thesis, whenever we tested the PSF of an OCT system, we used a phantom 

consisting of randomly dispersed 300 - 800 nm-diameter, red iron-oxide (Fe2O3) particles 

(𝑆𝑆 ≈ 3) embedded in polyurethane resin (𝑆𝑆 = 1.49)  (National Physical Laboratory, UK) 

[225], shown in Figure 4-12. 

To assess OCT contrast, we obtained a purpose-manufactured 3-D structured phantom 

with well-specified geometry based on silicone mixed with TiO2 particles, referred to as 

contrast phantom. The average particle size distribution was 1 µm. Consecutive rows of 

pillars protrude into an embedding silicone casting, doped with a different concentration of 

TiO2 particles (see Figure 4-12). The manufacturing technique was replica-moulding soft 

lithography [30], and the method was identical to the one described in Section 4.5.2.  

We expect a nominal maximum OCT contrast C = 10 dB for a 10-fold concentration 

difference between the pillar and the embedding casting  (see Table 4-4), as the average 
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OCT signal amplitude scales nominally with the square root of the scatterer concentration 

[263], i.e., 〈𝑎𝑎〉 ∝ �𝜌𝜌, as we saw in Section 4.3.1. 

Figure 4-12(a) shows a photograph of the PSF phantom illuminated by a Bessel beam. 

On the right hand side, a schematic provides a representation of the area density of 

randomly dispersed “point” scatterers. 

The contrast phantom, shown in Figure 4-12(b), is made of two PDMS silicone castings 

(𝑆𝑆 = 1.42), one embedded into the other. One casting features 18 rows of pillars, ranging 

in diameter from 10 to 90 µm, doped with 5 mg/ml concentration of 1 µm-diameter TiO2 

scatterers (𝑆𝑆 = 2.51), protruding for 50 µm (PL) into an embedding casting with 1/10 of 

the concentration of TiO2 scatterers. This produces an OCT attenuation coefficient 𝜇𝜇𝑡𝑡 of 

6.4 mm-1 for the pillars and of 0.64 mm-1 for the embedding casting. 

 

Figure 4-12. Imaging targets. (a) Point spread function (PSF) phantom used for the analysis of PSF degradation with 
scattering. (b) Contrast phantom used for analysis of OCT contrast. On the left side of (a) and (b) are photographs of the 
phantoms. On the right side of (a) and (b), schematics of the two phantoms are shown. PL: protrusion length, PzP: pillar 
pitch along z, PxP: pillar pitch along x, EyT: embedding casting thickness along y. Reproduced from [28]. 
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The rows are separated by 100 µm (PzP), and each pillar by 200 µm (PxP). The 

embedding casting has optical quality surfaces with maximum distance of 550 µm (EyT) 

from the first row of pillars in all directions. 

Table 4-4. Contrast phantom nominal characteristics 

 Casting with 
pillars 

Embedding 
casting 

Medium refractive index 1.42 1.42 
Scatterer (TiO2) refractive index 2.51 2.51 

Scatterer concentration 𝜌𝜌  
(mg/ml) 5 0.5 

Scattering anisotropy 𝑔𝑔 0.36 0.36 
OCT nominal contrast C  (dB) 10 

 

Both the PSF and contrast phantom are test target used to characterise the OCT image 

quality. One of the aims of this thesis is to study the influence of beam shaping on OCT 

image quality, under a variety of tissue-like scattering condition, whereby we independently 

control the amount and characteristics of Category II light present in the image (e.g., with 

the different overlayers). Therefore, we would like both the PSF and contrast phantom to 

be low-scattering and the OCT images of the bare phantoms to be dominated by 

Category I light. 

4.6.2 Phantom validation 

To confirm the expected predominance of single scattering (Category I light) in the 

experimental imaging targets, we fit an analytical model to the experimental OCT signal 

intensity profile with depth. This procedure required different models for the two types of 

imaging target because the OCT system collects a higher average backscattered irradiance 

from a homogeneous scattering sample region (in the contrast phantom) than from isolated 

single scatterers (in the PSF phantom). In the former case, the resulting OCT signal 

effectively factors out the illumination confocal effect by integration of the concurrent 

responses of the many illuminated scatterers within the resolution volume [262, 306]. In the 

PSF phantom, only a single (isolated) scatterer samples the illumination field over 

resolution-wide distances and the resulting OCT signal is influenced by the confocal effect 

both in the illumination and collection paths. This results in different depth profiles of the 

maximum and speckle-averaged OCT signal intensity for the PSF phantom and the 

contrast phantom, respectively.  

For this analysis, we use the dual beam OCT system described in Section 3.3. 

Experimental OCT images of the PSF phantom are presented in Figure 4-13(a), for both 

beam types. The left hand panels of Figure 4-13(a) show close-ups of the scattering-free 
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axial and transverse PSF near the focus. The location of the close-ups is highlighted in 

yellow in the co-registered B-scans in the middle panels. The right panels show a maximum 

intensity projection (MIP) of B-scans, along a 150 µm-thick portion of the 𝑦𝑦-axis of a 

C-scan. A MIP along the same portion of the 𝑦𝑦-axis and a 400 µm-thick portion of the 

x-axis (corresponding to the whole transverse B-scan range shown and bound by a 

coloured box) is used to estimate the maximum OCT signal intensity profile versus physical 

depth, shown in Figure 4-13(b). 

 

 

Figure 4-13. OCT characterisation of the imaging targets with Gaussian and Bessel beams. (a) PSF phantom views from 
OCT C-scans. In the panels: (left) B-scan and en-face images of a single PSF near the focus position; (middle) shown in a 
single co-registered B-scan; and (right) maximum intensity projection of B-scans along a 150 µm thick portion of the y-
axis. (b) OCT peak axial intensity versus depth from an additional maximum intensity projection along a 400 µm thick 
portion of the x-axis (green and red boxed areas in (a)) with fits according to Eq. (4-17). (c) Contrast phantom views from 
OCT B-scans. (d) OCT axial intensity laterally averaged over 100 µm (green and red highlighted areas in (c)) with fits 
according to Eq. (4-20), where the dotted lines represent the limited OCT signal attenuation. Reproduced from [28]. 

In Figure 4-13(b), we overlaid the maximum axial OCT intensity, 𝑎𝑎𝐹𝐹𝑀𝑀𝑀𝑀𝑥𝑥𝑥𝑥
2(𝑧𝑧), with the 

square of the respective beam axial irradiance profiles, accounting for the medium 

refractive index, 𝑆𝑆, as in the analytical model proposed in Bisaillon et al. [263] and Hillman 

[251], where the authors fit a Lorentzian function for a Gaussian beam. For the Bessel 

beam, we used and adapted the analytical expression of Lorenser et al. [27]: 
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𝑎𝑎𝐹𝐹𝑀𝑀𝑀𝑀𝑥𝑥𝑥𝑥
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where 𝐼𝐼𝐺𝐺  and 𝐼𝐼𝐵𝐵 are the Gaussian and Bessel beam irradiances, respectively, 𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹𝐺𝐺 =

2𝑧𝑧𝑟𝑟 = 2𝑆𝑆𝜋𝜋𝜔𝜔0
2

𝜆𝜆0
�  is twice the Gaussian Rayleigh range in the medium, the Bessel DOF is 

𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹𝐺𝐺 ≅ 1.26𝑁𝑁𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹𝐺𝐺 , 𝑁𝑁 is the Fresnel number (here 𝑁𝑁 = 7.2), and 𝑧𝑧 and 𝑧𝑧𝑓𝑓 (the focus 

position in the medium) are physical lengths. We then displayed the analytical fits on a 

logarithmic intensity scale as 10log10𝑎𝑎𝐹𝐹𝑀𝑀𝑀𝑀𝑥𝑥𝑥𝑥
2(𝑧𝑧). There is a good agreement between the 

experimental data and the analytical curves. 

OCT B-scan images of the contrast phantom with both beams are presented in Figure 

4-13(c). Depth profiles are averaged (on a linear basis) along a 100 µm-thick portion of the 

embedding casting in the areas highlighted in the figure by a coloured rectangle. The 

resulting signal should suffer only a small attenuation with depth, as the embedding casting 

has a scattering coefficient 𝜇𝜇𝑠𝑠 < 1 mm-1. 

In the case of fully developed speckled signal arising from a multitude of scatterers 

being probed by the illumination beam, but still under a single scattering model [251], the 

transversally averaged linear OCT intensity, 𝑎𝑎(𝑧𝑧)������2, needs to be fitted [306] with the 

product of the confocal response (sometimes called confocal axial PSF) and the 

exponential signal decay term.  Unlike the case of a single scatterer being illuminated, 

described by Eq. (4-17), the confocal response of the OCT signal intensity can be modelled 

by a beam axial irradiance profile with an apparent DOF corresponding to twice the beam 

DOF in the medium [262]. If we assume that the theory of van Leeuwen et al. [262] applies 

to both beam types, then: 

𝑎𝑎(𝑧𝑧)������2 ∝ 𝐼𝐼𝑏𝑏𝑒𝑒𝑚𝑚𝑚𝑚 �𝑧𝑧, 𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹𝐵𝐵𝑝𝑝𝑝𝑝 , 𝑧𝑧𝑓𝑓 ,𝑆𝑆� 𝑒𝑒−2𝜇𝜇𝐵𝐵(𝜌𝜌)𝑘𝑘 , (4-20) 

𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹𝐵𝐵𝑝𝑝𝑝𝑝 = 2𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹 , (4-21) 

where 𝑧𝑧𝐷𝐷𝑂𝑂𝐹𝐹𝐵𝐵𝑝𝑝𝑝𝑝 is the apparent OCT signal DOF, and 𝜇𝜇𝑡𝑡 is the OCT attenuation 

coefficient, which depends on the scatterer concentration 𝜌𝜌. 

The theoretical curves overlaid on the experimental curves are shown in Figure 4-13(d), 

displayed on a logarithmic intensity scale as 10log10𝑎𝑎(𝑧𝑧)������2. The dotted curves at the 
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bottom of the figure represent the exponential attenuation term, with an attenuation 

coefficient of less than 1 mm-1. The curves are in very good agreement with the 

experimental data. The good agreement of the experimental data with OCT single 

scattering signal models for both phantoms validates the claim that our imaging targets do 

not introduce a significant amount of multiple scattering in the image and, as such, they are 

good scattering targets to probe the influence of the overlayers on image quality.  

Note that in Figure 4-13(d), the maximum SNR penalty is more than 7.5 dB. This is 

because, during the acquisition of the contrast phantom images, the two-beam sample-arm 

roundtrip losses were not equalized, unlike in the case of the PSF phantom images; thus, 

the roundtrip loss of the Bessel beam path is 4 dB higher than that of the Gaussian beam 

path. 

The contrast phantom will be used in benchmarking OCT contrast between Gaussian 

and Bessel beams in Chapter 6. Some observations regarding experimental uncertainties 

should be made here. Manufacturing tolerances may have resulted in a difference in 

concentrations between the pillars and the embedding casting slightly larger than the design 

value. This could be the reason why we observe more than 10 dB pillar-to-embedding 

casting contrast in the images. Also, as the concentration of TiO2 in the embedding casting 

is very low, in some instances areas of non-fully developed speckles and in others areas 

absent of signal are observed in the Gaussian images around the focus. This added 

variability in the low signal is the reason why the speckle contrast ratio [26] seems higher in 

some places outside the pillars than within them.  

4.7 Elastography structured phantoms 

In Chapter 7, we will use phantoms suitable for OCE, described in the following. The 

ability to control the mechanical properties, described in Section 4.4.1, and a simple 

procedure to include 3-D structures, providing independent optical and mechanical 

contrast, form the basis of these heterogeneous (“inclusion”) tissue-mimicking phantoms.  

We fabricated inclusion phantoms using two-component RTV silicone (Elastosil®, 

Wacker, Germany) [29, 139, 263]. The mechanical properties were controlled by selecting 

different elastomers and varying the ratio of the catalyst (A) to the curing agent (B). The 

inclusions have different optical and mechanical properties to the bulk. The inclusions were 

cut by hand using a scalpel. They were placed on a scatterer-doped silicone base layer and 

soft silicone from the same batch as the base layer is poured over the inclusion to the 

desired thickness. Upon curing, this resulted in a soft silicone phantom with a stiff 

inclusion embedded within. 
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To validate the results of the OCE simulation, which we will present in Chapter 7, a 

cylindrical inclusion phantom (diameter ≈ 2.5 cm, thickness ≈ 1 mm) was fabricated. The 

optical scattering properties were controlled using known concentrations of titanium 

dioxide (TiO2) particles (mean diameter 1 µm) evenly mixed into the silicone (at 

concentrations of 2.5 mg/mL in the inclusion and 0.8 mg/mL in the bulk). The inclusion 

was made using Elastosil RT601, in the ratio 5:1 (A:B), and the bulk using Elastosil P7676, 

at 2:1 (A:B). The mechanical properties of the silicones were characterised using a standard 

compression testing apparatus (Instron, Norwood, Massachusetts). 

OCE relies on OCT signal to measure local sample displacement. The more uniform 

the scattering sample is, giving rise to a fully developed speckle pattern, the more precise 

the displacement estimation is, and, as a consequence, the strain estimation.  

 
Figure 4-14. Ultrahigh-resolution OCE inclusion phantom. (a) View of 4 hand-cut inclusions under a 35 mm objective 
lens. (b) Close-up photograph of the inclusions. (c) 3-D OCT volume rendering of the inclusions. (d) 3-D OCT volume 
rendering of the positioning of the inclusions on top of the base layer. (e) Photograph of the complete inclusion phantom 
from the top. (f) En-face view of the inclusions before pouring of the embedding layer. (g) Identical en-face view as in (f) 
with the final phantom. 

For an ultrahigh-resolution OCT system, with resolution below 2 µm, smaller scatterers 

were required to be use in order to produce a low scattering coefficient but, at the same 
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time, have sufficiently high volume density to not be individually resolved by the 

ultrahigh-resolution system.    

A structured tissue-mimicking phantom with well-determined optical and mechanical 

properties suitable for ultrahigh-resolution OCE, as described in Chapter 7, was fabricated 

using two-component, RTV silicone. It comprised four stiff inclusions, of which two 

separated laterally by less than 20 µm, in a 325 µm-thick soft bulk. The optical properties 

were controlled by adding titanium dioxide (TiO2) nanoparticles (refractive index 𝑆𝑆 ≈ 2.51, 

average diameter 25 nm) to the silicone. The mixture was placed in an ultrasonic bath for 

25 minutes to ensure uniform particle distribution. A scatterer volume ratio of 3:1 between 

the inclusion and the bulk provided optical contrast. A stiffness (Young’s modulus) ratio of 

3:1 between the inclusion and the bulk provided mechanical contrast. The Young’s 

modulus of the inclusion was 150 kPa and that of the bulk was 50 kPa. These values were 

measured for a preload of 4 kPa applied to the bulk, corresponding to 10% strain. Figure 

4-14 shows the ultrahigh-resolution OCE inclusion phantom, during preparation and after 

completion.  

4.8 Conclusion 

In this chapter, we covered all aspects and provided details on the characteristics and 

methods that we used to fabricate and characterise phantoms for OCT and OCE. The 

development of tissue phantoms, mimicking optical, mechanical and structural properties, 

is fundamental in order to provide durable and repeatable test targets for system 

characterisation, or for intra- and inter-system comparison, or to study image formation 

and demonstrate ways to improve it. 

In the remainder of this thesis, we will study the effect of different beams on OCT 

image quality, and use the structured contrast phantom to determine which beam provides 

better OCT contrast under various turbid tissue scenarios, determined by the three 

overlayers.   

We will use the mechanical inclusion phantoms to validate our simulation of OCE 

images and better understand noise sources in OCE, and ultimately to help improve 

resolution in OCE.  

The next chapter will deal with the various optical simulations we developed and used 

in order to generate and study the image formation process in both OCT and OCE. 
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Chapter 5 

Simulation of beam propagation and 
image formation in turbid samples: a 
tool to theoretically quantify image 
quality  
5  

 

5.1 Introduction 

In this chapter, we will present a suite of OCT image simulation and optical beam 

propagation tools for the study and understanding of speckle phenomena in OCT, phase-

sensitive OCT measurements and assessment of the quality of images of scattering turbid 

media. 

We will proceed through increasing complexity and realism of the model on which the 

simulations are based, and increasing dimensionality from one to three dimensions. Section 

5.2 deals with image formation in the single-scattering regime. In Section 5.2.1, we start by 

simulating the OCT signal from a multitude of scatterers in one dimension and in two 

dimensions as the result of local sums of random phasors and, in Section 5.2.2, we explore 

a more advanced linear systems model providing realistic OCT amplitude and phase images 

from numerical scattering phantoms. In Section 5.3, we present our recent publication on a 

two-dimensional full wave model of image formation in OCT applicable to general 

samples. In Section 5.4, we extend the simulation of the beam propagation into the sample 

to three dimensions. 

These simulations form part of the important toolbox, together with beam shaping and 

phantom technology, which we will use in Chapters 6, and 7, to assess and improve image 

quality in OCT and OCE.   
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5.2 OCT image simulation in the single-scattering regime 

In this section, we describe two models of OCT image formation that suitably represent 

the signal from Category I light. As such, these models are effective in simulating samples 

comprising very low contrast refractive index sub-wavelength scatterers. 

We start with a one-dimensional model based on a linear systems approach to image 

formation. What follows is a simple two- or three-dimensional model for image formation 

in both coherent and incoherent imaging systems we presented in [26] to describe some of 

the key characteristics of OCT speckle arising from light which has been singly 

backscattered from a static sample. In Sections 5.2.1 and 5.2.2, we expand it and then 

improve it to realistically simulate OCT phase difference images.  

We use a time-domain (TD-) approach in our formalism. By doing so, there is no loss 

of generality, as the Fourier-domain (FD-) and time-domain OCT signals are related by the 

Fourier transform operation. 

We proceed with a one-dimensional example showing how speckle can effectively 

“mask” the structure of the sample we would like to image.  Figure 5-1 contains a 

representation of the axial OCT PSF 𝛹𝛹, where 𝑧𝑧 represent distance, either from a scatterer 

in Figure 5-1(a), or from the sample surface in Figure 5-1(b). The PSF can be represented 

as a complex sinusoidal “carrier” modulated by a Gaussian envelope (also plotted), which 

we can rewrite from Eq. (2-12), as a function of distance, as 

𝛹𝛹(𝑧𝑧) ≜ 𝑒𝑒𝑥𝑥𝑝𝑝[−𝑗𝑗𝑘𝑘𝜆𝜆(2𝑧𝑧)]𝑒𝑒𝑥𝑥𝑝𝑝 �− 𝜋𝜋
2
�2𝑘𝑘
ℓ𝑐𝑐
�
2
�, (5-1) 

where we assume that the source has a near-Gaussian spectrum (in optical-frequency, or 

wavenumber space) and define the following terms, as: 

 𝑆𝑆: speed of light in the sample; 

 𝜆𝜆: wavelength in the sample;  

Δ𝜆𝜆: FWHM spectral bandwidth; 

𝑘𝑘𝜆𝜆 = 2𝜋𝜋/𝜆𝜆: wavenumber in the sample; 

𝑘𝑘𝜆𝜆,0: center wavenumber of the source spectrum (with corresponding wavelength 𝜆𝜆0); 

 Δ𝑘𝑘𝜆𝜆: FWHM spectral bandwidth (wavenumber space); 

 Δ𝜈𝜈 = Δ𝑘𝑘𝜆𝜆𝑆𝑆/(2𝜋𝜋): FWHM spectral bandwidth (optical frequency space); 

ℓ𝑐𝑐 = √8𝜋𝜋 ln2 Δ𝑘𝑘𝜆𝜆�  : coherence length of the source. 

We utilize the definition of coherence length consistent with that for coherence time 

given in [34]. 
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The depth 𝑧𝑧 corresponds to physical distance in the sample, since the medium’s average 

refractive index is taken into account by scaling 𝑆𝑆 and 𝜆𝜆. We note that Eq. (5-1) represents 

the OCT response to a point scatterer as the reference arm is scanned in the axial direction. 

For the purposes of this section, we deal with non-unity sample average refractive index by 

scaling the “actual” reference-arm scan distance so that 𝑧𝑧 corresponds to physical distance 

in the sample. The factor 2𝑧𝑧 is utilized in each exponent of Eq. (5-1) to explicitly describe 

the double-pass of the light through the sample (in reflection mode). 

Next, we consider a one-dimensional profile 𝐻𝐻(𝑧𝑧) of the sample’s scatterer 

distribution, as indicated in Figure 5-1(b). The OCT signal we record (as a function of scan 

position 𝑧𝑧) will be equal to the real part of the convolution of this profile with the PSF, 

𝑎𝑎(𝑧𝑧) = 𝛹𝛹(𝑧𝑧)⨂𝐻𝐻(𝑧𝑧). (5-2) 

 
Figure 5-1. Simulation of the axial distortion of an OCT A-scan caused by speckle as a result of the coherent detection 
process. (a) OCT one-dimensional complex point-spread function (PSF) 𝛹𝛹(𝑧𝑧) (real & imaginary parts, and envelope); (b) 
Sample scatterer distribution 𝐻𝐻(𝑧𝑧); (c) Convolution of scatterer distribution with both PSF envelope |𝛹𝛹(𝑧𝑧)| and complex 
PSF 𝛹𝛹(𝑧𝑧). Units on both axes are consistent over the three parts. (The distance units are scaled by the coherence length 
ℓ𝑐𝑐 .) Adapted from [26]. 
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The scatterers in Figure 5-1(b) are assumed to have identical (zero) phase responses, so 

that 𝐻𝐻(𝑧𝑧) = ∑ ℎ𝑖𝑖𝛿𝛿(𝑧𝑧 − 𝑧𝑧𝑖𝑖)𝑁𝑁
𝑖𝑖=1 , where 𝛿𝛿 is the Dirac delta function and ℎ𝑖𝑖 is the magnitude 

of the response of the 𝑆𝑆-th scatterer. (The delta functions are represented as bars of 

different heights in the figure.) Thus, the phase difference between different scatterers’ 

contributions to the final signal is dependent only on their relative position (as a fraction of 

wavelength). 

Figure 5-2 shows a video of the convolution operation of a denser scatterer distribution 

𝐻𝐻(𝑧𝑧) than in Figure 5-1 with a system PSF 𝛹𝛹(𝑧𝑧) representing a ultrahigh-resolution OCT 

system with centre wavelength of 785 nm and Gaussian FWHM bandwidth of 170 nm and 

it also includes a plot of the OCT signal phase at the bottom of the left panel. The right 

panel shows a polar plot of the OCT signal resulting phasor. 

 
Figure 5-2. Simulation of the one-dimensional convolution operation resulting in the single-scattering OCT A-scan signal 
phasor. Left panel, from top to bottom: OCT one-dimensional complex point-spread function (PSF) 𝛹𝛹(𝑧𝑧) (real & 
imaginary parts, and envelope); Sample scatterer distribution 𝐻𝐻(𝑧𝑧); Convolution of scatterer distribution with the real part 
of the complex PSF 𝛹𝛹(𝑧𝑧); Convolution of scatterer distribution with the imaginary part of the complex PSF 𝛹𝛹(𝑧𝑧); Real 
part of the complex OCT A-scan 𝑆𝑆(𝑧𝑧); Real (blue), imaginary (green) parts and amplitude (red) of the complex OCT 
A-scan 𝑆𝑆(𝑧𝑧); Phase (red) of the complex OCT A-scan 𝑆𝑆(𝑧𝑧) compared to a linear (wrapped) phase ramp (black). Right 
panel: polar plot of the complex OCT A-scan 𝑆𝑆(𝑧𝑧) resulting phasor (red) compared to a unity phasor with a linearly 
increasing phase (black). Simulation for a centre wavelength of 785 nm and FWHM bandwidth of 170 nm. 

The cyan line in Figure 5-1(c) and Figure 5-2 represents the signal that would be 

observed if the scatterer profile was convolved with the envelope of the OCT PSF, i.e., 

𝑎𝑎env(𝑧𝑧) = |𝛹𝛹(𝑧𝑧)|⨂𝐻𝐻(𝑧𝑧). In this representation, although the system cannot resolve 
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closely spaced individual scatterers, the signal magnitude is essentially proportional to the 

local scatterer density (weighted by scattering magnitude). 

However, this is evidently not the case when we consider the envelope of the OCT 

signal, |𝑎𝑎(𝑧𝑧)|, plotted as the red dashed line in Figure 5-1(c). Now, the pair of scatterers 

with axial displacements near 2 coherence lengths contributes components to the signal in 

anti-phase; the pair near 4 coherence lengths contributes in-phase components. These 

phase relationships between scatterer contributions to the signal (which are constant over 

the scan, since the PSF carrier is sinusoidal, without chirp) strongly influence the 

magnitude of the envelope signal. The correlation between the final signal and the scatterer 

density is, therefore, “corrupted” by speckle. 

We note that near the axial displacement of 2 coherence lengths, the signal envelope 

vanishes entirely at a point where both the real and imaginary parts of 𝑎𝑎(𝑧𝑧) are equal to 

zero. This point is an optical singularity, a location at which the phase profile of the signal 

abruptly changes by 𝜋𝜋 and the signal envelope is not smooth [158].  

5.2.1 OCT image simulation as local sums of  random phasors 

We now proceed to describe a more realistic model of the OCT signal, essentially the 

extension of the scenario described in the previous section to two (or three) dimensions. 

To do so, we note that a sample may be described using a refractive-index continuum 

[238], 𝑆𝑆(𝒓𝒓), where r is a three-dimensional spatial location vector. An optical wave is 

scattered when it encounters variations in this profile. 

At this point, we continue to consider only the signal arising due to “single scattering”, 

under the first-order-Born-approximation [80]. Then, for monochromatic light, the 

scattered wave, for any incident wave, depends linearly on the sample’s scattering potential, 

𝐷𝐷𝑆𝑆(𝒓𝒓,𝑘𝑘𝜆𝜆) = 𝑘𝑘𝜆𝜆2(𝑆𝑆2(𝒓𝒓) − 1)/(4𝜋𝜋).  The magnitudes and phases of the spatial frequency 

spectrum of the sample are recoverable from the sample’s scattering potential function 

𝐷𝐷𝑆𝑆(𝒓𝒓) via the Fourier transform. In the case of OCT imaging with a broadband source, we 

must consider that 𝐷𝐷𝑆𝑆(𝒓𝒓) is dependent on 𝑘𝑘𝜆𝜆. If it is assumed that the refractive index is 

wavenumber-independent (the sample is non-dispersive), this dependence will be removed 

if we utilize the sample susceptibility 𝜒𝜒(𝒓𝒓) = 𝑆𝑆2(𝒓𝒓) − 1 = 𝐷𝐷𝑺𝑺(𝒓𝒓) �𝑘𝑘𝜆𝜆2/(4𝜋𝜋)�⁄  instead 

[307]. For our purposes, we shall utilize 𝜒𝜒(𝒓𝒓) throughout the remainder of this chapter, 

and absorb the effect of the factor �𝑘𝑘𝜆𝜆2/(4𝜋𝜋)� into the local PSF as required. 

Now we describe the form of a sample scattering distribution for which the “speckle” 

component of the generated OCT image will be clear.  In particular, we assume that the 

scattering potential takes the form 𝜒𝜒(𝒓𝒓) = 𝐿𝐿(𝒓𝒓)𝑆𝑆(𝒓𝒓), where 𝐿𝐿 is a slowly varying non-
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negative function describing the large-scale (macroscopic) variations in the sample, and 𝑆𝑆 is 

a rapidly varying complex function describing the microscopic scatterer distribution within 

the macroscopically locally homogeneous regions. “Slowly” and “rapidly” varying in this 

context is with respect to the spatial scale of the OCT PSF envelope. The function 𝐿𝐿 

should be regarded as deterministic; the purpose of the imaging system is to determine its 

form.  

In a first instance, on the other hand, 𝑆𝑆 can be regarded as a particular realization of an 

ergodic random process, such that, at each point in space, its phase is random (reflecting 

the random phase responses of the individual microscopic scatterers), and its 

autocorrelation function, 

𝛤𝛤𝑆𝑆(𝒓𝒓 + 𝛥𝛥𝒓𝒓, 𝒓𝒓) ≡ 𝛤𝛤𝑆𝑆(𝛥𝛥𝒓𝒓) ≡ 〈𝑆𝑆(𝒓𝒓 + 𝛥𝛥𝒓𝒓)𝑆𝑆∗(𝒓𝒓)〉, (5-3) 

is extremely narrow. The asterisk (*) represents complex conjugate and the symbol 〈∙〉 

represents an ensemble-average operation (over the possible realizations of 𝑆𝑆). Indeed, we 

may assume that 𝛤𝛤𝑆𝑆(𝛥𝛥𝒓𝒓) is delta-correlated, so that it may be replaced with the Dirac delta 

function, 𝛿𝛿(𝛥𝛥𝒓𝒓), when convolved with another function. 

Under single backscattering satisfying the first-order-Born-approximation, the OCT 

signal is linear with respect to the sample susceptibility 𝜒𝜒(𝒓𝒓). That is, the detected OCT 

signal amplitude 𝑎𝑎(𝒓𝒓), as a function of scan position, is given by the superposition integral: 

𝑎𝑎(𝒓𝒓) = �𝜒𝜒(𝒓𝒓′)𝛹𝛹(𝒓𝒓 − 𝒓𝒓′; 𝒓𝒓)𝑠𝑠3𝒓𝒓′
∞

−∞

, (5-4) 

where 𝛹𝛹(𝒔𝒔;𝒓𝒓) is the local system PSF corresponding to the point 𝒓𝒓. As an aside, if the 

imaging system is spatially invariant, as we implicitly assumed in the one-dimensional case, 

then Eq. (5-4) is a convolution integral, 𝑎𝑎(𝒓𝒓) = 𝜒𝜒(𝒓𝒓)⨂𝛹𝛹(𝒓𝒓), so that  𝛹𝛹(𝒔𝒔; 𝒓𝒓) ≡ 𝛹𝛹(𝒔𝒔). 

For OCT in general, we cannot make this assumption, but the spatial variance can be 

assumed to be only axial-position variance, that is, 𝛹𝛹(𝒔𝒔; 𝒓𝒓) depends on 𝒓𝒓 = (𝑥𝑥,𝑦𝑦, 𝑧𝑧) only 

through the axial position 𝑧𝑧. This is due to the diffraction of the illumination beam (which 

is assumed to be stationary throughout a scan) and the confocal gating effect. This means, 

for example, that the OCT PSF can be assumed to be spatially invariant when performing 

en-face imaging. 

Following our assumption of 𝑆𝑆 being delta-correlated, the integral of 𝑆𝑆 over its entire 

domain is equal to 1; any other constant can be absorbed into the function 𝐿𝐿. The 

ensemble-average mean value 〈𝑎𝑎(𝒓𝒓)〉 = 0, due to the random phase of 𝑆𝑆. This simple fact 
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is an “explanation” for the speckle phenomenon. The entirety of the OCT signal is due to 

“fluctuations” about this zero-mean point. The mean-squared value of 𝑎𝑎(𝒓𝒓) is: 

|𝑎𝑎(𝒓𝒓)|2 = ∫ ∫ ∫ ∫ ∫ ∫
∞

∞−

〈𝜒𝜒(𝒓𝒓′)𝜒𝜒∗(𝒑𝒑′)〉 𝛹𝛹(𝒓𝒓 − 𝒓𝒓′; 𝒓𝒓) 𝛹𝛹∗(𝒓𝒓 − 𝒑𝒑′; 𝒓𝒓)𝑠𝑠3𝒓𝒓′𝑚𝑚3𝒑𝒑′

≅ |𝐿𝐿(𝒓𝒓)|2�|𝛹𝛹(𝒓𝒓′; 𝒓𝒓)|2𝑠𝑠3𝒓𝒓′
∞

−∞

, 

(5-5) 

by the sifting property of the delta function. The factor |𝐿𝐿(𝐫𝐫)|2 can be brought outside the 

integral due to the assumption that it is slowly varying (in comparison with the size scale of 

|𝛹𝛹(𝒓𝒓′;𝒓𝒓)|2). 

Now consider an equivalent incoherent imaging system that is linear with respect to 

optical intensity instead of optical field. Its detected signal could be described by the 

convolution integral 

𝐼𝐼(𝒓𝒓) = �|𝜒𝜒(𝒓𝒓′)|2|𝛹𝛹(𝒓𝒓 − 𝒓𝒓′; 𝒓𝒓)|2𝑠𝑠3𝒓𝒓′
∞

−∞

, (5-6) 

Due to the narrowness of the function 𝛤𝛤𝑆𝑆, many independent statistical samples 

contribute to the integral, and so 𝐼𝐼 is extremely close to its expected value with near-

certainty. (It may be verified formally that the variance of 𝐼𝐼 is equal to zero under the delta-

function limit.) Thus, up to a constant factor 𝐼𝐼(𝐫𝐫) is given by 

𝐼𝐼(𝒓𝒓) = 𝐼𝐼(𝒓𝒓) = |𝐿𝐿(𝒓𝒓)|2�|𝛹𝛹(𝒓𝒓′;𝒓𝒓)|2𝑠𝑠3𝒓𝒓′
∞

−∞

. (5-7) 

Equations (5-5) and (5-7) demonstrate the speckle effect in coherent imaging. The 

incoherent image 𝐼𝐼(𝒓𝒓) is a “perfect” reconstruction of |𝐿𝐿(𝒓𝒓)|2, equal to its mean 

(deterministic), and completely insensitive to the small-scale fluctuations represented by the 

factor 𝑆𝑆(𝒓𝒓). The squared modulus of the coherent complex amplitude distribution has the 

same mean as the incoherent intensity distribution. However, |𝑎𝑎(𝒓𝒓)|2 ≠ |𝑎𝑎(𝒓𝒓)|2 in 

general; the signal is subject to apparently-random fluctuations that are dependent on the 

precise scattering behaviour of the small-scale microstructure.  

Based on the preceding work, speckle can be defined as the difference between a 

“coherent” image |𝑎𝑎(𝒓𝒓)|2 and the corresponding “incoherent” image 𝐼𝐼(𝒓𝒓). Provided that 

the imaging process can be described using a superposition integral, this definition will be 

valid even if (as in OCT), there is no incoherent analog of the imaging process. 

Figure 5-3 presents the comparison between experimentally “coherent” (OCT) and 

“incoherent” (non-OCT) images. The experimental sample was the structured 3-D 
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phantom described in Section 4.5, fabricated from a transparent PDMS silicone (𝑆𝑆 = 1.42) 

matrix and different concentrations of optical scatterers (1-μm-mean-diameter titanium 

dioxide (TiO2) particles (𝑆𝑆 = 2.488) in a two-stage soft-lithography casting process [30]. 

The dimensions and optical properties of the features within the phantom are 

representative of those found in tissue [280]. The large-scale structure 𝐿𝐿(𝒓𝒓)  in this case is 

the text “OBEL” (the acronym for the authors’ research group). The letters are part of the 

structured casting with a TiO2 scatterer concentration of 3 mg/mL, corresponding to a 

scattering coefficient at 1325 nm, calculated using Mie theory [308], of 4.3 mm−1. The 

letters are encased by the embedding casting with a TiO2 scatterer concentration of 0.5 

mg/mL of silicone, corresponding to a scattering coefficient of 1.4 mm−1. 

The image of the phantom in Figure 5-3(a) was recorded using a swept-source OCT 

system (Thorlabs OCS1300SS) with a central wavelength of 1325 nm and a bandwidth of 

100 nm. The theoretical axial resolution2 is 7.7 μm in air and the theoretical transverse 

resolution3 (at focus) is 15 μm; the numerical aperture (NA) is 0.056. The phantom is 

imaged with light coming from the top of Figure 5-3(a), in free space, with the beam focus 

set to the middle of the letters. The images are displayed on a linear grayscale, with the 

white level corresponding to a signal strength of approximately 200 times the noise floor.  

In Figure 5-3(a), corruption of the text image by speckle effects is clearly evident. 

However, such effects are not present in Figure 5-3(b), recorded using white light bright 

field microscopy on the partially fabricated sample, before the embedding silicone was cast. 

This image is strictly only representative of the “incoherent” image 𝐼𝐼(𝒓𝒓), as it was acquired 

from a different orientation and with different source and optics. Nevertheless, it shows a 

more realistic profile of the large-scale structure 𝐿𝐿(𝒓𝒓). 

To further illustrate the concepts discussed so far, we present a numerical simulation 

based on the sample structure shown in Figure 5-3(c). We model the effect of the small-

scale structure, 𝑆𝑆(𝒓𝒓), by utilizing 𝐿𝐿(𝒓𝒓) as a local density map for a large collection of 

individual point scatterers. The point scatterers are represented in two dimensions in the 

figure as small identical spheres. Each such scatterer is assumed to have an identical 

amplitude response, and a phase response, determined by their precise position on the scale 

of half of a wavelength due to the sinusoidal carrier component of the PSF, which we 

assume for simplicity to be uniformly distributed over 2π.  

 

                                                 
2 The OCT axial resolution is conventionally expressed as 2 ln2 𝜆𝜆02 (𝜋𝜋 ∆𝜆𝜆)⁄ =  4ln2 (∆𝑘𝑘𝜆𝜆)⁄ = �2 ln2 𝜋𝜋⁄  ℓ𝑐𝑐.  
3 The OCT transverse resolution is conventionally expressed as twice the Gaussian beam waist radius (2𝜔𝜔0) at the center wavenumber. 

It is √2 times larger than the full  1/𝑒𝑒 width of the transverse PSF, as we demonstrate in Section 2.3. 
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Figure 5-3. Comparison between images of a structured phantom acquired using a coherent (OCT) system (a) and a 
bright field microscope, i.e., an incoherent system (b). Part (c) (partially magnified in (d)) shows a representation of the 
sample microscopic scatterer distribution utilized to simulate the coherent/incoherent image formation process. 

Incoherent and coherent images are displayed in Figure 5-4, in which Eq. (5-4) and 

Eq. (5-6) are graphically represented as convolution operations. (Both images are plotted 

on an “intensity” basis.) We assume a spatially invariant convolution kernel, or PSF. Each 

scatterer in the distribution is assigned a random phase, which is indicated using a colour 

scale. Because of this random assignment, we did not need to incorporate the high-

frequency spatial carrier factor into the PSF in order to effectively simulate the speckle 

pattern. Direct comparison of Figure 5-4(c)-(d) shows that the incoherent imaging modality 

is a clear reconstruction of the distribution 𝐿𝐿(𝒓𝒓), almost unaffected by the particular 

scatterer distribution 𝑆𝑆(𝒓𝒓) we generated.  (The random variation in the observed intensity 

𝐼𝐼(𝒓𝒓) is much smaller than its expected value.) By contrast, since the expected value of the 

complex quantity 𝑆𝑆(𝒓𝒓) is zero, then the random variation in the coherent image is the 

image. Note that the expected value of the plotted intensity distribution |𝑎𝑎(𝒓𝒓)|2 is not 

zero, but twice the variance of the complex (circularly Gaussian for many contributing 

scatterers) quantity 𝑎𝑎(𝒓𝒓), as its probability density function may be described using 

exponential statistics. 

We note that Figure 5-3(a) and Figure 5-4(d) show similar characteristics, except 

perhaps at large sample depths (the bottom of the figures), for which the observed signal in 

the experimental image exhibits some decline due to attenuation of light. This effect is not 

taken into account in our simple model. 
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Figure 5-4. Simulation of (a) a hypothetical incoherent and (b) a coherent (OCT) image formation process, according to 
the simple model presented in this section. The resultant images of the scatterer distribution [of Figure 5-3(c)] displayed 
in (c), (d), correspond to the incoherent and coherent cases, respectively. The spatially invariant convolution kernel (PSF 
envelope) is shown in the small square black box in both (a) and (b). 

In this section, we presented a simple model to simulate an OCT image with its salient 

feature (speckle) in the single-backscattering scenario and without signal attenuation. 

Speckle can be seen as the difference between a coherent and an incoherent image of a 

highly random microstructure modulated by a slowly varying “mean” function, which 

represents the large-scale variation (compared to the system resolution) in a stationary 

sample’s structure (susceptibility) that we want to truthfully represent in an image. 

Moreover, OCT speckle and its underline phase carry information on sample motion, when 

analysed before, during and after sample motion occurs. Hence, we need a model that 

represents OCT phase and its changes with sample motion realistically. The following sub-

section introduces such model. 

5.2.2 OCT image simulation as superposition of  linear system 
responses 

One of the limitation of the model presented in the previous section lies in the assignment 

of a uniformly-distributed random phase response to each scatterer, which prevents the use 

of the model in simulating the image formation process in OCE, where the OCT phase 

difference between images of two sample states (compressed – uncompressed) encodes the 

local sample displacement information. Another issue of the model presented in the 

previous section is the absence of signal attenuation with depth, as well as the absence of a 

noise model. Neglecting these image features makes it impossible for the previous model to 

be used for displacement estimation from the OCT phase difference. 

The model of OCT image formation that we present next is still based on the 

single-scattering assumption, however it addresses these aforementioned issues, making it 

suitable for use in OCE simulations. The model is based on previous linear systems theory 

formulations [26, 164]. The sample is represented as a collection of discrete scattering 

potentials; this has been shown to be a good approximation to many tissue-mimicking 

phantoms for OCT and OCE, which are typically fabricated by embedding discrete 



5.2 OCT image simulation in the single-scattering regime 121 

 

scattering particles in a medium [26, 29, 164, 263]. In this case, the OCT image is 

approximated by convolving the full complex PSF with the map of scattering potentials. 

Finally, noise is added under the assumption of shot-noise-limited detection. 

The scattering potentials (represented by dimensionless impulses), which comprise the 

sample, are distributed randomly over a discrete grid with sub-wavelength spacing in the 

axial and lateral dimensions given by 𝛿𝛿𝑧𝑧𝑖𝑖 and 𝛿𝛿𝑥𝑥𝑖𝑖, respectively. The relative density of 

scattering potentials within different regions of the model was chosen to match the relative 

concentration of scatterers within corresponding regions in the sample, e.g., the physical 

phantom. The magnitudes of the scattering potentials are scaled to represent the 

backscattering coefficient of each scattering particle, which is constant in this study, as we 

assumed a constant particle size and type, and low NA. The magnitudes are then further 

scaled according to the Beer-Lambert law of attenuation, which is commonly used in OCT 

to model the attenuation of samples [255, 257, 309-311]. The backscattered OCT 

irradiance, 𝐼𝐼(𝑧𝑧), as a function of physical depth in the sample, 𝑧𝑧, is proportional to the 

reflectance, 𝑅𝑅(𝑧𝑧) =  𝜌𝜌e−2𝜇𝜇𝐵𝐵𝑘𝑘, where 𝜌𝜌 is the backscattering coefficient, and 𝜇𝜇𝑡𝑡 is the 

attenuation. The OCT signal amplitude, i.e., the backscattered electric field per unit area, 

𝑎𝑎(𝑧𝑧), is then proportional to the square root of the reflectance, �𝑅𝑅(𝑧𝑧), i.e., 𝑎𝑎(𝑧𝑧) ∝ �𝑅𝑅(𝑧𝑧), 

where �𝑅𝑅(𝑧𝑧) = �𝜌𝜌e−𝜇𝜇𝐵𝐵𝑘𝑘. The proportional change in reflected field amplitude, �𝑅𝑅𝑝𝑝, 

from 𝑧𝑧1 = 𝑧𝑧 to 𝑧𝑧2 = 𝑧𝑧 + 𝛿𝛿𝑧𝑧 is then 

�𝑅𝑅𝑝𝑝 = �𝑅𝑅(𝑧𝑧2) �𝑅𝑅(𝑧𝑧1)� = 𝑒𝑒−𝜇𝜇𝐵𝐵𝛿𝛿𝑘𝑘 . (5-8) 

 Using Eq. (5-8) and 𝜇𝜇𝑡𝑡(𝑥𝑥,𝑦𝑦, 𝑧𝑧), a map of the attenuation throughout the sample, we 

can build an attenuation-scaled map of the reflected field amplitude, 𝑅𝑅𝑀𝑀(𝑥𝑥,𝑦𝑦, 𝑧𝑧), given by 

𝑅𝑅𝑀𝑀(𝑥𝑥, 𝑦𝑦, 𝑧𝑧) = �
1,                                                                     𝑧𝑧 = 0,
𝑅𝑅𝑀𝑀(𝑥𝑥,𝑦𝑦, 𝑧𝑧 − 𝛿𝛿𝑧𝑧𝑖𝑖)𝑒𝑒−𝜇𝜇𝐵𝐵(𝑚𝑚,𝑦𝑦,𝑘𝑘)𝛿𝛿𝑘𝑘𝐵𝐵 ,       𝑐𝑐𝑡𝑡ℎ𝑒𝑒𝑟𝑟𝑤𝑤𝑆𝑆𝑆𝑆𝑒𝑒. 

 (5-9) 

Multiplying the map of scattering potentials by 𝑅𝑅𝑀𝑀(𝑥𝑥,𝑦𝑦, 𝑧𝑧) then gives an attenuation-

scaled map of scattering potentials, 𝐻𝐻(𝑥𝑥,𝑦𝑦, 𝑧𝑧). 

In this optical simulation, the backscattering and attenuation coefficients of the 

scattering potentials can be varied arbitrarily. Physically, the two will be related based on 

the type, size, and concentration of scatterers in the sample. If the type and size of 

scattering particles is the same throughout the sample, then both the OCT backscattered 

irradiance and the attenuation coefficient are proportional to the particle concentration 

[263]. 

Details of the OCT complex PSF are given elsewhere [26, 164], but are summarized 

here for completeness. Supposing a Gaussian source spectrum, Gaussian beam illumination 
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and collection, a low numerical aperture (NA < 0.1), negligible sample-induced aberration 

and negligible contribution from multiple scattering, a 3-D PSF, 𝛹𝛹(𝒓𝒓, 𝑧𝑧), can be defined 

based on radial coordinate 𝒓𝒓 (where 𝑟𝑟2 = 𝑥𝑥2 + 𝑦𝑦2) and axial coordinate 𝑧𝑧, 

𝛹𝛹(𝒓𝒓, 𝑧𝑧) = 𝛼𝛼(𝒓𝒓, 𝑧𝑧)𝑒𝑒𝑖𝑖𝜙𝜙(𝒓𝒓,𝑘𝑘), (5-10) 

with amplitude 𝛼𝛼(𝒓𝒓, 𝑧𝑧) and phase 𝑝𝑝(𝒓𝒓, 𝑧𝑧) given, respectively, by 

𝛼𝛼(𝑟𝑟, 𝑧𝑧) = 𝑒𝑒
− 𝑧𝑧2

𝛥𝛥𝑧𝑧𝑃𝑃𝐹𝐹𝐹𝐹𝐹𝐹𝑃𝑃𝑃𝑃𝑃𝑃
2

𝑒𝑒
− 𝒓𝒓2

𝛥𝛥𝑟𝑟1 𝐵𝐵2𝑃𝑃𝑃𝑃𝑃𝑃⁄
2

, 

𝑝𝑝(𝑟𝑟, 𝑧𝑧) = 2𝑘𝑘𝑧𝑧 + 2𝑘𝑘𝑟𝑟2𝜙𝜙
𝑙𝑙

+ 2𝑎𝑎𝑡𝑡𝑎𝑎𝑆𝑆 �2𝑘𝑘0𝑘𝑘
𝑓𝑓𝑙𝑙
�.  

(5-11) 

Here, Δ𝑧𝑧𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝐹𝑃𝑃𝑃𝑃𝑃𝑃 = 2ln2
𝜋𝜋

𝜆𝜆02

𝑙𝑙Δ𝜆𝜆
 is the axial resolution determined by the coherence length 

of the source with free-space centre wavelength 𝜆𝜆0, 3 dB-bandwidth Δ𝜆𝜆 and mean sample 

refractive index 𝑆𝑆, assuming no dispersion over the source bandwidth; 

Δ𝑟𝑟1 𝑒𝑒2𝑃𝑃𝑃𝑃𝑃𝑃⁄
2 =  𝑅𝑅2 �� 𝑙𝑙

𝑧𝑧0
�

2
+ �𝑧𝑧

𝑓𝑓
�

2
�, with Δ𝑟𝑟 and 𝑅𝑅 being the 1/𝑒𝑒 radii of the irradiance of the 

Gaussian beam at the focus, and before entering the objective lens, respectively; 

𝑧𝑧0 =  𝑘𝑘𝑅𝑅2 is the effective Rayleigh range of the unfocused beam in the medium; 𝑘𝑘 = 2𝜋𝜋𝑙𝑙
𝜆𝜆0

 

is the mean wavenumber in the medium; 𝑓𝑓 = 𝑓𝑓0𝑆𝑆 is the focal length in the sample of the 

objective lens with free-space focal length 𝑓𝑓0; 𝑙𝑙 = 𝑓𝑓 − 𝑧𝑧 is the physical distance from the 

lens; and 𝑝𝑝 = −
1−𝑧𝑧0

2𝑧𝑧
𝐿𝐿𝜋𝜋2

1+
𝑧𝑧0
2𝑧𝑧2

𝑙𝑙2𝜋𝜋2

 is the phase of a complex Gaussian wave [312]. 

The simulated complex OCT scan is evaluated by convolving 𝛹𝛹(𝑟𝑟, 𝑧𝑧) with 𝐻𝐻(𝑥𝑥,𝑦𝑦, 𝑧𝑧), 

and sampling the result at the axial and lateral intervals specified by the OCT system, 𝛿𝛿𝑧𝑧𝑖𝑖 

and 𝛿𝛿𝑥𝑥𝑖𝑖 , respectively. This is implemented by directly evaluating the sum, 𝐻𝐻(𝑥𝑥𝑖𝑖 ,𝑦𝑦𝑖𝑖 , 𝑧𝑧𝑖𝑖), at 

every voxel (𝑥𝑥𝑖𝑖,𝑦𝑦𝑖𝑖 , 𝑧𝑧𝑖𝑖) in the output, i.e., 

𝑎𝑎�𝑥𝑥𝑖𝑖 ,𝑦𝑦𝑖𝑖 , 𝑧𝑧𝑖𝑖� = �𝛹𝛹�𝑟𝑟𝑖𝑖 − 𝑟𝑟𝑖𝑖, 𝑧𝑧𝑖𝑖 − 𝑧𝑧𝑖𝑖�
𝑖𝑖

𝐻𝐻(𝑥𝑥𝑖𝑖,𝑦𝑦𝑖𝑖 , 𝑧𝑧𝑖𝑖), (5-12) 

given 𝑟𝑟𝑖𝑖2 = 𝑥𝑥𝑖𝑖2 + 𝑦𝑦𝑖𝑖2, 𝑟𝑟𝑖𝑖2 = 𝑥𝑥𝑖𝑖2 + 𝑦𝑦𝑖𝑖2, and (𝑥𝑥𝑖𝑖 ,𝑦𝑦𝑖𝑖 , 𝑧𝑧𝑖𝑖) is the location of the 𝑆𝑆-th scattering 

potential. This implementation avoids having to specify a new discrete sampling grid for 

the scattering potentials when they are displaced under a finite element model 

(FEM) - computed deformation (as we shall see in Chapter 7), thus, allowing resolution of 

the scatterer locations to arbitrary precision, whilst restraining the computational memory 

requirements. 

Finally, the OCT system is taken to be operating in the shot-noise limit, with shot noise 

simulated by adding isotropic, independent, complex Gaussian white noise (with noise 
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power, 𝜎𝜎2) [34, 313]. Figure 5-5 shows an example of the simulated OCT image formation 

process demonstrated using the structured, tissue-mimicking phantom previously described 

[30], with comparisons to experimental results. Figure 5-5(i) and Figure 5-5(k) demonstrate 

the close correspondence between simulated and measured OCT images. 

 

 

Figure 5-5. Illustration of the model of image formation in OCT, and comparison with experimental results. (a) Map of 
the locations of scattering potentials for the simulated OCT B-scan. (b) 𝑅𝑅𝑀𝑀(𝑥𝑥, 𝑧𝑧), the attenuation-scaled map of the 
reflected field amplitude. (c) Zoomed region of the highlighted area in (a). (d) and (e) Magnitude and phase, respectively, 
of the complex PSF. (f) and (g) Log-scale irradiance and phase, respectively, of the simulated OCT scan formed by 
convolving (c) with (d)–(e). (h) Irradiance of the added shot-noise. (i) Simulated OCT B-scan obtained by multiplying (a) 
with (b), convolving the result with (d)–(e), and adding (h). (j) and (k) Bright-field microscopy and experimental OCT B-
scan, respectively, of the physical phantom; (j) was taken before adding scatterers to the bulk space surrounding the 
letters, (k) was taken after. (a)–(d) are in arbitrary units. (f), (h), (i) and (k) are scaled to the SNR of the OCT irradiance. 

This model is very useful, as it allows the reproduction of the main features of an OCT 

image, including realistic amplitude and phase. Unlike in the model presented in Figure 5-4, 

here, the resulting OCT amplitude and phase will vary according to any sample 

(geometrical) compression applied to the scattering potentials, enabling a realistic 

simulation of elastography image formation, as we shall see in Chapter 7.  

Nonetheless, this model has a few limitations, for example, it only takes into account 

the image carrying signal (i.e., Category I), and it requires an estimation of the local sample 
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attenuation. In the current form, it also assumes that the PSF does not vary with depth, 

making it an accurate model only for low-NA system, imaging low-scattering samples. 

In the following section, we introduce a more rigorous model of image formation, 

capable of simulating all signal components and requiring the fewest assumptions regarding 

the sample properties. This novel model and its 3-D extension will help us quantify OCT 

image quality, as we shall see in Chapter 7.    
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5.3 A full wave 2-D model of  image formation in optical 
coherence tomography applicable to general samples [32] 

Peter R.T. Munro, Andrea Curatolo, and David D. Sampson 

Abstract:We demonstrate a highly realistic model of optical coherence tomography, based on an 
existing model of coherent optical microscopes, which employs a full wave description of 
light. A defining feature of the model is the decoupling of the key functions of an optical 
coherence tomography system: sample illumination, light-sample interaction and the 
collection of light scattered by the sample. We show how such a model can be 
implemented using the finite-difference time-domain method to model light propagation 
in general samples. The model employs vectorial focussing theory to represent the optical 
system and, thus, incorporates general illumination beam types and detection optics. To 
demonstrate its versatility, we model image formation of a stratified medium, a numerical 
point-spread function phantom and a numerical phantom, based upon a physical three-
dimensional structured phantom employed in our laboratory. We show that simulated 
images compare well with experimental images of a three-dimensional structured 
phantom. Such a model provides a powerful means to advance all aspects of optical 
coherence tomography imaging. 

© 2015 Optical Society of America 

OCIS codes: (170.3660) Light propagation in tissues; (050.1755) Computational electromagnetic 
methods; (180.0180) Microscopy; (110.4500) Optical coherence tomography. 

A variety of methods for simulating optical coherence tomography (OCT) image formation 

have been developed [25, 164, 314-322]. These methods have been motivated by the need 

to interpret images, to understand and manipulate phenomena which influence image 

formation in OCT, and to provide a means of testing new system designs without the need 

to build them. Such models have also been important in the development of quantitative 

techniques, such as parametric imaging [323] and solving the OCT inverse problem [318]. 

All such mathematical models make approximations and the scale of these 

approximations varies according to a model’s objectives and constraints. Rigorous 

simulation of image formation in OCT requires the calculation of how a stochastic 

electromagnetic beam is focused by an optical system, how the focused beam interacts with 

a sample and, finally, how that light scattered back by the sample is focused onto a 

detector, where it interferes with the reference light. Further processing in the time or 

spectral domains is then required to extract axial information from the recorded signals. 

Such a model cannot, in general, be evaluated analytically for samples described by an 

arbitrary refractive index distribution, even using mathematically convenient 

representations for the incident beam and detection optics. 

Here, we are interested in models based on a wave theory of light. Most such models 

developed to date employ a scalar approximation. Some models have been extended to 
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allow for the simulation of vectorial phenomena (e.g., [314-316]); however, the scalar 

approach is still predominant. The coherence properties of the incident and scattered fields 

are generally also not explicitly modelled, in the sense that the effect that propagation has 

on the coherence of the beam is not modelled. Coherence is incorporated either directly 

through a point spread function (PSF) [164] or by assuming that the light is delta-correlated 

[317]. Combining the scalar approximation with the first-order Born approximation allows 

the construction of a model which has been used as a means of solving the linear inverse 

problem [318]. The first-order Born approximation, however, implies that light scattered 

back to the detector undergoes only a single interaction with the sample, i.e., the 

contribution of each scatterer is calculated as though it was located in homogeneous space. 

Whilst OCT’s coherence gating aids in the satisfaction of this approximation, it does not 

hold, in general, as is demonstrated by the observation of attenuation and multiple 

scattering in OCT images. 

The extended Huygens-Fresnel formalism has been used to construct a model which 

relaxes the first-order Born approximation [164]. In this model, light which travels to and 

from a scatterer is attenuated by the traversed part of the sample according to a statistical 

model. The remainder of the model is essentially based upon linear systems theory, 

whereby the coherence gate is embedded in a PSF, which is used to calculate the image 

formed by a deterministic arrangement of scattering potentials. It is important to 

emphasize that, in this model, samples are represented only in a quasi-deterministic manner 

since beam attenuation and multiple scattering are based on an ensemble average 

representation. This useful model has influenced many subsequent models, including those 

based upon the Monte Carlo method [319, 320], which derive their image-formation model 

from it. 

Mesoscale models have also been developed which bypass wave optics. For example, 

the radiative transport equation (RTE), which is based upon energy conservation in a 

particle transport regime, may be used to model how light propagates in a sample. Image 

formation can be modelled using a result which relates the complex amplitude of light in 

the sample to the OCT signal at the corresponding depth [321]. An example of such a 

model makes use of a solution to the RTE for the case of layered media [317]. However, 

there are very few samples for which analytic solutions are available. One way of 

overcoming this is to use the Monte Carlo method [322], combined with an image 

formation model based upon the extended Huygens-Fresnel formalism [319]. The 

advantage of this approach is that the Monte Carlo method can be used to calculate the 

propagation of light in an arbitrary sample, so long as that sample is well described by 

mesoscopic optical properties, which are expected to remain constant over “small units of 
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tissue volume” [322]. The disadvantage of this approach is that the wave nature of light, 

including polarization and coherence, are not naturally included in the model. 

In other branches of optical imaging, an unavoidable need has been the catalyst for the 

development of rigorous models of image formation. For example, vectorial effects, which 

are inescapable in high-numerical aperture confocal microscopy, prompted the 

development of the first rigorous model of such a microscope valid for general samples 

[324]. The model was made possible by the use of rigorous numerical techniques, such as 

the finite-difference time-domain method, to calculate how light propagates in general 

samples. Capoglu et al. [325] published a good review of rigorous computational models of 

optical microscopes. Few OCT models have used rigorous numerical techniques to model 

light propagation in the sample and those that do, do not rigorously model image 

formation. In one of only two examples we are aware of that employ rigorous numerical 

techniques, Reed et al. [326] report a model of OCT which uses the time-resolved Poynting 

vector in the sample to approximate the resulting OCT image. In the second example, 

Hung et al. [327] developed a model in which the impact of surface roughness upon 

refractive index recovery, for simple scattering geometries, was considered, but examples of 

OCT image formation were not given. 

The purpose of this paper is to introduce a vectorial model, an extension of a 

previously developed model of coherent optical microscopes [324], by which image 

formation in OCT can be rigorously simulated. By this, we mean that the simulation is 

derived directly from the physics of each system component and the sample, applying as 

few approximations as possible. In this way, physical phenomena, such as different beam 

types, deterministic heterogeneous samples, polarization, and anisotropic scatterers, are 

implicitly included in the model. For example, using a vectorial description of light allows 

polarization-sensitive OCT to be modelled rigorously, and, as foreshadowed by Schmitt 

and Knüttel [164], the coherence properties of an OCT system require a vectorial model in 

order to be treated “more exactly”. Further, a vectorial model is required in order to treat 

scattering as a continuum of interactions rather than a heuristic partitioning between 

scattered and unscattered light. 

The model is intrinsically three-dimensional. The examples in this paper, however, 

correspond to two-dimensional scenarios due to computational limitations. These 

limitations will be the subject of future work, which will enable the model to be applied to 

three-dimensional samples. In principle, the model presented here is limited only by the 

phenomena which are able to be modelled by the FDTD method, the set of which is 

extremely broad [328]. This will provide a foundation to study, in principle, all phenomena 

observed in OCT images. 
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In the remainder of this paper, we give an outline of the model that we propose before 

giving detailed explanations of its three principal components: 1) Calculation of light 

incident on the sample; 2) Calculation of how light interacts with the sample; and 3) 

Calculation of how light scattered by the sample and light from the reference arm interfere 

at the detector. A number of examples of the model are then given in order to demonstrate 

its versatility. We describe image formation for a stratified medium, for a numerical point-

spread function phantom and for a numerical phantom based on the physical three-

dimensional structured phantom used in our laboratory, for which we perform a 

comparison with experiment. 

5.3.1 Details of  the model  

Overview 

We make reference to the diagrams in Figure 5-6 to explain how our model is constructed. 

Although the illumination and detection optical systems are depicted as 4f systems in air, 

the mathematical formalism applies equally as well to fibre-based systems which may 

employ optical systems more complex than depicted in Figure 5-6. We do not consider 

noise or system components with non-ideal characteristics, even though it is possible to do 

so. The model applies equally well to spectral- and time-domain OCT systems due to both 

the Wiener-Khintchin theorem and the coherent-mode decomposition of fields [329]. We 

have, however, described the model in the spectral-domain, which seems to be most 

common in the literature. One of the model’s defining characteristics is that the principal 

functional components of the OCT system are mathematically decoupled and treated 

independently, in a similar manner to models of high-NA coherent microscopes [324]. 

Consider Figure 5-6(a): the model’s ultimate objective is to spatially integrate the irradiance, 

at the detector D, as a function of wavenumber, 𝑘𝑘, of the field which results from 

interfering light from the reference and sample arms. This is achieved by the sequential 

application of three steps: 

1. Analytic calculation of the light emitted from the source, propagated through 

the optical system and incident upon the sample, 𝑬𝑬𝑖𝑖𝑙𝑙𝑐𝑐(𝒓𝒓𝑠𝑠,𝑘𝑘); 

2. Numerical calculation of the light scattered back by the sample to the objective 

lens, 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑠𝑠, 𝑘𝑘); 

3. Imaging of the light scattered back by the sample onto the detector, 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚, 𝑘𝑘); 

As shown in Figure 5-6, 𝒓𝒓𝑠𝑠 and 𝒓𝒓𝑚𝑚  are positions in the sample and detector space, 

respectively. We note also that bold face symbols are used to denote vector quantities. The 

light incident on the detector from the reference arm, 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚,𝑘𝑘), is calculated in the same 
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way as 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚, 𝑘𝑘), except that the sample is replaced with a mirror modelled as either a 

dielectric or perfect electrical conductor. The spectrally resolved detector signal may then 

be evaluated according to: 

𝐼𝐼𝑡𝑡𝑛𝑛𝑡𝑡(𝑘𝑘) = 𝑔𝑔(𝑘𝑘) �∬ 𝑠𝑠𝑆𝑆𝑎𝑎𝑔𝑔�𝒟𝒟(𝒓𝒓𝑚𝑚)�𝐷𝐷 𝑬𝑬𝑡𝑡𝑛𝑛𝑡𝑡(𝒓𝒓𝑚𝑚, 𝑘𝑘)𝑠𝑠𝑆𝑆�
2

, (5-13) 

 

where 𝑬𝑬𝑡𝑡𝑛𝑛𝑡𝑡(𝒓𝒓𝑚𝑚,𝑘𝑘) = 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚,𝑘𝑘) + 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚,𝑘𝑘), 𝑔𝑔(𝑘𝑘) is the effective spectral intensity 

distribution of the source, combining the spectrally dependent power of the source, any 

source spectral shaping and detector characteristics, diag�𝒟𝒟(𝒓𝒓𝑚𝑚)� is the diagonal matrix 

with diagonal entries taken from the vector 𝒟𝒟(𝒓𝒓𝑚𝑚), where 𝒟𝒟(𝒓𝒓𝑚𝑚) is the detector sensitivity 

function, such as the mode of a single-mode fibre, D is the spatial extent of the detector 

and the norm is defined by |𝑎𝑎|2 = 𝑎𝑎∗𝑎𝑎, where ∗ represents complex conjugate transpose. 

Note that although we represent the effective spectral intensity distribution as a scalar 

function, there is no reason why it cannot be represented by a tensor which operates on 

field quantities. Furthermore, different spectral intensity distributions can be used for the 

reference and sample arms if required, particularly as the two are calculated using 

independent FDTD simulations. The OCT A-scan may then be found by inverse Fourier 

transform of 𝐼𝐼𝑡𝑡𝑛𝑛𝑡𝑡(𝑘𝑘). We explain how Steps 1-3 above are performed in the remainder of 

this section. 

 
Figure 5-6. A schematic of the modelled optical system. (a) A schematic diagram of a spectral-domain OCT system 
containing a light source (LS), lenses (L1 - L4), beam splitter (BS), sample (S) and detector (D); (b) A typical ray of the 
geometrical optics field, 𝓔𝓔𝟎𝟎(𝒔𝒔, 𝑘𝑘). Phase and amplitude modulation are described by 𝐴𝐴𝑖𝑖(𝒔𝒔) whilst refraction by L2 is 
described by �𝐿𝐿𝑖𝑖𝑖𝑖� ; (c) A 4f system which images the light scattered by the sample onto a detector or into the guided 
mode of an optical fibre with any aberrations being represented by the phase modulation 𝐴𝐴𝑚𝑚(𝒔𝒔). 

Illumination 

Any incident beam with a mathematical description satisfying Maxwell’s equations may be 

employed. The Debye-Wolf integral is a flexible formulation that has been widely used to 

calculate the form of coherent beams focused by high-NA lenses [330-332], which remains 

valid for low NA lenses. It has been applied in a wide variety of applications, such as 
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focusing exotic beams such as cylindrical-vector beams [333] and Laguerre-Gaussian beams 

[334], as well as focussing these and more conventional beams through microscope cover 

slips [335]. A variety of beams such as Gaussian, Bessel and Airy, may be modelled and 

arbitrary states of polarization are also able to be represented without any additional 

complexity. With reference to Figure 5-6(a) and Figure 5-6(b), the Debye-Wolf integral is 

formally valid for calculating the time-harmonic field in the vicinity of the focus of L2 if L2 

and L4 form a 4f system and the aperture stop (not shown in Figure 5-6) is placed at their 

common focal plane. The 4f system will then be afocal and telecentric from the spaces of 

both the sample and light source. This is important because it means the back focal plane 

of L2 appears at infinity from the sample space, which in turn means that the field at the 

back focal plane may be specified using geometrical optics [336]. This enables the incident 

field to be calculated according to: 

 𝑬𝑬𝑖𝑖𝑙𝑙𝑐𝑐(𝒓𝒓𝑠𝑠,𝑘𝑘) = −𝑖𝑖𝑘𝑘𝑓𝑓
2𝜋𝜋 ∬ 𝐴𝐴𝑖𝑖(𝑆𝑆)𝑠𝑠𝑥𝑥2+𝑠𝑠𝑥𝑥2≤𝑁𝑁𝐴𝐴2

�𝐿𝐿𝑖𝑖𝑖𝑖�𝓔𝓔0(𝒔𝒔,𝑘𝑘)𝑒𝑒(𝑖𝑖𝑘𝑘𝒔𝒔⋅𝒓𝒓𝑠𝑠) 𝑚𝑚𝑠𝑠𝑥𝑥𝑚𝑚𝑠𝑠𝑥𝑥
𝑠𝑠𝑧𝑧

, (5-14) 

where, as shown in Figure 5-6(b), 𝒔𝒔 = (𝑆𝑆𝑚𝑚, 𝑆𝑆𝑦𝑦, 𝑆𝑆𝑘𝑘) is the unit vector of a typical ray which 

passes through the nominal focus of the objective, NA is the numerical aperture of the lens 

in air, 𝐴𝐴𝑆𝑆(𝒔𝒔) represents possible phase (including aberrations) and amplitude modulation, 

�𝐿𝐿𝑆𝑆𝑗𝑗� accounts for refraction by the lens and is evaluated using the generalized Jones matrix 

formalism [337], 𝓔𝓔0�𝒔𝒔,𝑘𝑘� is the geometrical optics approximation to the electric field vector 

incident upon the back focal plane of the lens and 𝑓𝑓 is the lens focal length. A similar 

expression exists for the magnetic field. 

 

Scattered light 

We employ the finite-difference time-domain (FDTD) method to calculate how light is 

scattered by the sample. The advantage of using this method is that scattering, at all 

wavelengths of interest, may be calculated in a single simulation. It is beyond the scope of 

this thesis to give a detailed account of these well established methods; instead, we refer 

readers to the comprehensive book by Taflove and Hagness [328]. 

The sample is modelled by associating with each cell in the FDTD grid, a relative 

permittivity and permeability, conductivity and, possibly, a dispersion relationship. When 

employing the FDTD method, a grid cell size not exceeding 𝜆𝜆0 10⁄  is required; however, a 

smaller size may be employed subject to the amount of computer memory available. When 

computer memory is limited, the pseudospectral time-domain (PSTD) method may be 

used, which requires significantly less computer memory than the FDTD method, as a 
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minimum grid spacing of 𝜆𝜆0 2⁄  may be approached; however, our recent work [338] shows 

that a discretization not exceeding 𝜆𝜆0 2.5⁄  is required in practice. 

A pulse with a Gaussian temporal profile, as in Figure 2-9, is introduced into the 

FDTD simulation space at a plane in the vicinity of the sample surface, such as 𝑆𝑆𝑖𝑖𝑙𝑙𝑐𝑐 in 

Figure 5-7. This plane must be large enough such that the majority of the beam’s energy 

flows through it to prevent the nonphysical diffraction of the focussed beam. The incident 

field is introduced to the simulation using equivalent electromagnetic sources [339], which, 

in the case of FDTD, is equivalent to the total-field scattered-field source condition [340]. 

The properties of the source condition employed in our model are most easily understood 

by considering the case in which only equivalent magnetic current sources are employed. In 

particular, we assume that a sheet of magnetic current density is located at plane 𝑆𝑆𝑖𝑖𝑙𝑙𝑐𝑐 in 

Figure 5-7. This magnetic current density has a time-dependent form [338]: 

𝑱𝑱𝑠𝑠∗(𝑡𝑡) = 𝑅𝑅𝑒𝑒 �−𝒌𝒌� × 𝑬𝑬𝑖𝑖𝑙𝑙𝑐𝑐(𝒓𝒓𝑠𝑠,𝑘𝑘0)𝑒𝑒−𝑖𝑖0(𝑡𝑡−𝑡𝑡0)𝑒𝑒−𝜋𝜋�
𝐵𝐵−𝐵𝐵0
𝐹𝐹 �

2

�, (5-15) 

where 𝒌𝒌� is the unit vector aligned with the 𝑧𝑧-axis, 𝑬𝑬𝑖𝑖𝑙𝑙𝑐𝑐(𝒓𝒓𝑠𝑠,𝑘𝑘0) is the incident field 

evaluated using Eq. (5-14) at mean wavenumber, 𝑘𝑘0, 𝜔𝜔0 = 𝑆𝑆 𝑘𝑘0⁄ , where 𝑆𝑆 is the speed of 

light, 𝑡𝑡0 is set such that the components of 𝑱𝑱𝑠𝑠∗(𝑡𝑡) are vanishingly small at 𝑡𝑡 = 0 and 𝑅𝑅𝑒𝑒 

denotes the real part. 𝑊𝑊 controls the temporal width of the incident pulse and, thus, the 

spectral width of the source, allowing the scattered field at wavelengths throughout the 

spectrum of interest to be calculated in a single simulation, making this model 

computationally tractable. 

The complex amplitudes of the scattered field are recorded, at all wavelengths of 

interest, on a plane also in the vicinity of the sample surface, such as 𝑆𝑆𝑠𝑠𝑐𝑐 in Figure 5-7. This 

is done by applying a temporal discrete Fourier transform at each wavenumber of interest 

as the FDTD simulation proceeds. The resulting complex amplitudes are equivalent to 

those that would be obtained by performing individual steady state simulations for each 

wavelength of interest [328]. Scattering in an infinite space is simulated by surrounding the 

sample with a perfectly matched layer, as proposed by Berenger [341], which absorbs, 

without reflection, radiation incident upon it. We have arrived at this treatment by tacitly 

assuming that the light source is well modelled as a point source. If this is not the case, the 

coherent mode representation may be used to treat beams with arbitrary states of 

coherence [342]. We employ an FDTD code developed in house, originally for modelling 

high-NA confocal microscopes [324, 343]. 
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Figure 5-7. Schematic diagram of where the source field is introduced 𝑆𝑆𝑖𝑖𝑙𝑙𝑐𝑐  and where the scattered field is recorded 𝑆𝑆𝑠𝑠𝑐𝑐  in 
FDTD simulations. 

Image formation 

After calculating the light scattered by the sample at plane 𝑆𝑆𝑠𝑠𝑐𝑐  in the sample space, it must 

be focussed onto the detector or coupled into a fibre. In the general case, where the NA of 

the objective may be high, a vectorial technique such as equivalent dipole decomposition, 

based on the Debye-Wolf integral [344], must be employed. This formalism allows 

aberrations in the optical detection system to be modelled. However, when a low NA 

objective is used, the low aperture approximations of Richards and Wolf [330] can be used 

to show that equivalent dipole decomposition reduces to scalar diffraction, where the two 

transverse field components may be considered separately. This allows Fourier optics [345] 

to be employed, whereby the angular spectrum of plane waves of the scattered field, is 

propagated through the 4f system, shown in Figure 5-6(c), to the detector. This results in 

the scattered field, 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚,𝑘𝑘), being known in the vicinity of the detector. The reference 

field, 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚,𝑘𝑘), may be similarly evaluated in the vicinity of the detector. Substituting the 

calculated values of 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚,𝑘𝑘) and 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚,𝑘𝑘) in to Eq. (5-13), and expanding, allows 

𝐼𝐼𝑡𝑡𝑛𝑛𝑡𝑡 to be expressed as 

𝐼𝐼𝑡𝑡𝑛𝑛𝑡𝑡(𝑘𝑘) = 𝐼𝐼𝑟𝑟𝑒𝑒𝑓𝑓(𝑘𝑘) + 𝐼𝐼𝑠𝑠𝑐𝑐(𝑘𝑘) + 𝐼𝐼𝑖𝑖𝑙𝑙𝑡𝑡(𝑘𝑘), (5-16) 

where 𝐼𝐼𝑟𝑟𝑒𝑒𝑓𝑓(𝑘𝑘) = 𝑔𝑔(𝑘𝑘) �∬ diag�𝒟𝒟(𝒓𝒓𝑚𝑚)�D 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚 ,𝑘𝑘)d𝑆𝑆�
2
 is due solely to the reference arm 

light, 𝐼𝐼𝑠𝑠𝑐𝑐(𝑘𝑘) = 𝑔𝑔(𝑘𝑘) �∬ diag�𝒟𝒟(𝒓𝒓𝑚𝑚)�D 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚 ,𝑘𝑘)d𝑆𝑆�
2

 is due solely to the scattered light and 

𝐼𝐼𝑖𝑖𝑙𝑙𝑡𝑡(𝑘𝑘) = 2𝑔𝑔(𝑘𝑘)𝑅𝑅𝑒𝑒 �∬ diag�𝒟𝒟(𝒓𝒓𝑚𝑚)�D 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚 ,𝑘𝑘)d𝑆𝑆∬ diag�𝒟𝒟∗(𝒓𝒓𝑚𝑚)�D 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓∗ (𝒓𝒓𝑚𝑚 ,𝑘𝑘)d𝑆𝑆� is due 

to the interference of the scattered and reference arm light. Again we note that the use of 

𝑔𝑔(𝑘𝑘) does not imply that the sample and reference arms have the same spectral 

dependence. Any differing spectral dependence can be accounted for in the independent 

calculations of each field quantity. Inverse Fourier transformation of 𝐼𝐼𝑡𝑡𝑛𝑛𝑡𝑡  with respect to 𝑘𝑘 
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results in an OCT A-scan. After performing this transformation, 𝐼𝐼𝑟𝑟𝑒𝑒𝑓𝑓  results in a “DC” 

contribution, 𝐼𝐼𝑠𝑠𝑐𝑐  leads to the auto-correlation terms and 𝐼𝐼𝑖𝑖𝑙𝑙𝑡𝑡 contributes the cross-

correlation terms, which are generally considered to constitute the OCT image (see Section 

2.1.3). In practice, 𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚 ,𝑘𝑘) and 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚 ,𝑘𝑘) may be calculated at only a finite, but 

arbitrary, number of values of 𝑘𝑘 and so a discrete inverse Fourier transform is employed. 

The main task in constructing a full wave model of OCT is, thus, the calculation of 

𝑬𝑬𝑟𝑟𝑒𝑒𝑓𝑓(𝒓𝒓𝑚𝑚 ,𝑘𝑘) and 𝑬𝑬𝑠𝑠𝑐𝑐(𝒓𝒓𝑚𝑚 ,𝑘𝑘) over a sufficient range of wavenumbers, using the FDTD 

method as outlined in this section. 

5.3.2 Evaluation and analysis 

This model has been previously verified for coherent optical microscopes [324]. This 

section, thus, focusses on how low-coherence interferometry is integrated into the model. 

We consider, first, the example of a stratified medium to verify the depth-sectioning 

performance of the model. We follow this with the simulation of OCT point spread 

functions at a range of axial positions. We conclude the section with a comparison of 

simulated and experimental OCT images of a three-dimensional structured phantom. The 

simulation parameters such as source spectral width, FDTD cell size, etc., remain constant 

for each simulation. 

 

Numerical dispersion 

The phenomenon of numerical dispersion [328], well known to the FDTD community, can 

impact significantly upon the simulation of OCT image formation if it is not compensated. 

This form of dispersion has a different origin from that arising in real systems, which is not 

considered further here. Numerical dispersion refers to the phenomenon by which waves 

propagated in a homogeneous FDTD grid have wavelength-dependent phase and group 

velocities. Numerical dispersion occurs as a result of the solution of the difference 

equations derived from Maxwell’s equations diverging from the solution of the associated, 

continuous-case differential equation. In particular, in the continuous case, the phase 

refractive index 𝑆𝑆𝑝𝑝 relates the optical frequency 𝜈𝜈 to the wavelength according to 𝑆𝑆𝑝𝑝 =

𝜈𝜈 𝜆𝜆 𝑆𝑆⁄ , where 𝑆𝑆 is the speed of light in vacuo. In the discrete case, it is necessary to define a 

numerical phase refractive index, 𝑆𝑆�𝑝𝑝, and a numerical wavelength, �̃�𝜆 which are related 

by 𝑆𝑆�𝑝𝑝 = 𝜈𝜈 𝜆𝜆� 𝑆𝑆⁄ . Analogously to the continuous-case group refractive index, 𝑆𝑆𝑔𝑔, which 

satisfies 𝑆𝑆𝑔𝑔 = 𝑆𝑆𝑝𝑝 − 𝜆𝜆 d𝑆𝑆𝑝𝑝 d𝜆𝜆⁄ ng [346], we define the discrete-case group refractive index, 

𝑆𝑆�𝑔𝑔, which satisfies 
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𝑆𝑆�𝑔𝑔 = 𝑆𝑆�𝑝𝑝 − 𝜆𝜆� 𝑠𝑠𝑆𝑆�𝑝𝑝 𝑠𝑠𝜆𝜆�⁄ . (5-17) 

In practice, 𝑆𝑆�𝑝𝑝 is calculated by extracting �̃�𝜆 for a plane wave propagating along the 

𝑧𝑧-axis in a homogeneous FDTD simulation and 𝑆𝑆�𝑔𝑔 is then calculated using Eq. (5-17). As 

an example, we calculated 𝑆𝑆�𝑝𝑝 and 𝑆𝑆�𝑔𝑔 for separate cases of media having refractive indices 

𝑆𝑆0 = 𝑆𝑆𝑝𝑝 = 𝑆𝑆𝑔𝑔  equal to 1 and 1.42. The results of these simulations are shown in Figure 5-8 

for a free space wavelength band centred on 𝜆𝜆0 = 1325 nm. The FDTD simulation 

employed an isotropic cell size of 𝜆𝜆0 15⁄ . The group refractive index is seen to vary more 

than the phase refractive index in both cases and the deviation is worse in the case of 𝑆𝑆0 = 

1.42. Once calculated, these parameters can be used in more complex simulations. These 

results are important in the example in the following section, in which the OCT image of a 

stratified medium is simulated. 

Numerical dispersion may be reduced by employing a smaller FDTD cell size, however, 

some additional compensation will generally be required. In the first instance, where 

simulations are composed of scatterers embedded in a background medium, the 

background medium 𝑆𝑆�𝑝𝑝 should be calculated to allow the field to be sampled at numerical 

wavenumbers matching the required continuous wavenumbers. This step needs to be made 

explicit only because complex amplitudes are extracted at specified frequencies, not 

wavenumbers, by application of a temporal discrete Fourier transform. As a second step, 

numerical dispersion within isolated scatterers can be compensated for by selecting a 

refractive index, 𝑆𝑆0, which results in a mean value of 𝑆𝑆�𝑝𝑝 matching the desired refractive 

index. Finally, we note that FDTD simulations are performed for both the sample and 

reference arms so that both have the same numerical dispersion relationship. 

 

Simulation of the OCT image of a stratified medium 

The imaging model presented in this paper has been rigorously tested previously for the 

case of image formation using monochromatic light [324]. The objective of the current test 

is to verify the acquisition of axial information using low-coherence interferometry. We, 

thus, compared image formation for a stratified medium, using our model, with the analytic 

case. We employed a two-dimensional model, in order to reduce computational complexity, 

whereby the illumination and sample were considered to be uniform in the 𝑦𝑦-direction. We 

employed the transverse magnetic (TM) case of a previously developed two-dimensional 

formulation of the Debye-Wolf integral [347], although the model applies equally well to 

the transverse electric (TE) case. The FDTD simulation employed an isotropic cell size of 

𝜆𝜆0 15⁄  with center wavelength 𝜆𝜆0 = 1325 nm. A wavelength band 200 nm wide, centred on 
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𝜆𝜆0 was modelled. 𝑔𝑔(𝑘𝑘) took the form of a Hanning window over the corresponding range 

of 𝑘𝑘. The FDTD computational grid had 6,000 cells in the transverse direction and 3,000 

cells in the axial direction. The modelled stratified medium was composed of a background 

of refractive index 1 and sheets, one FDTD cell size thick, with refractive index 1.42. The 

light from the reference arm was also calculated using an FDTD simulation with a perfect 

electric conductor positioned at the focal plane of the focussed illumination. This ensures 

that the same numerical dispersion compensation outlined in the previous section can be 

used for both the sample and reference arms, since the thin sheets contribute negligibly to 

the sample arm numerical dispersion relationship. 

A cylindrical objective lens, of NA 0.056, and over-filled aperture was employed, with 

the additional lenses in Figure 5-6(a) having the same NA for simplicity. The detector 

sensitivity function, 𝒟𝒟, was set equal to unity for each of the field components over the 

region of the detector in which the total field was non-negligible. Note that the longitudinal 

component of the electric field incident upon the detector was negligible due to the low 

NA of the detector lens (lens L3 in Figure 5-6(a). 

 
Figure 5-8. Numerical dispersion. Plots of numerical phase refractive index 𝑆𝑆�𝑝𝑝 and numerical group refractive index 𝑆𝑆�𝑔𝑔 
for air (𝑆𝑆0 = 1) and dielectric material (𝑆𝑆0 = 1.42). The horizontal axis represents the continuous case wavelength. 

The A-scan calculated using the FDTD-based imaging model was compared with that 

calculated analytically using the characteristic matrix treatment of stratified media [80], 

using an angular spectrum of plane waves approach, as has previously been used as a 

platform for solving the inverse problem of OCT [348]. The reference beam is also 

calculated in this manner. 
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Figure 5-9. Simulation of the OCT image of a stratified medium. OCT A-scans for 5 (left) and 20 (right) thin sheets of 
material with a refractive index 1.42, embedded in a background of refractive index 1. The locations of the sheets are 
indicated by vertical lines. 

Figure 5-9 shows two simulated A-scans, for 5 and 20 reflecting sheets in the stratified 

medium. The positions of the sheets are indicated by vertical lines. In the example with 

only 5 sheets, all sheets are resolvable and the axial resolution of the system is evident from 

the A-scan peak appearing at the lowest value of 𝑧𝑧. The simulation of 20 sheets shows 

examples of where not all sheets are resolvable, resulting in an axial speckle pattern. Both 

examples show how the proposed model predicts the OCT signal due to multiply reflected 

light, as is indicated by the signal appearing after the final sheet. The normalized mean 

squared error, calculated as ∑|𝑎𝑎𝑙𝑙 − 𝑎𝑎𝑚𝑚|2 ∑|𝑎𝑎𝑚𝑚|2⁄ , where 𝑎𝑎𝑙𝑙 and 𝑎𝑎𝑚𝑚 are the complex A-

scans calculated numerically and analytically, respectively, are 1.96 × 10-3 and 1.51 × 10-3 for 

the left and right plots, respectively. The level of agreement between the two models is, 

thus, sufficiently good to conclude that the low-coherence interferometry aspect of the 

model is correct. 
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Calculation of an OCT point spread function 

 
Figure 5-10. Images and plots which demonstrate the depth-dependent PSFs employed in OCT by simulating images of 
24 scatterers arranged equidistantly along the optical axis. (left) Each image corresponds to a different detector sensitivity 
functions 𝓓𝓓 = �𝒟𝒟𝑝𝑝𝑡𝑡 , 0,0�𝑇𝑇, 𝓓𝓓 = (𝒟𝒟𝑖𝑖𝑙𝑙𝑡𝑡 , 0,0)𝑇𝑇 and 𝓓𝓓 = (𝒟𝒟𝑒𝑒𝑚𝑚𝑡𝑡 , 0,0)𝑇𝑇. (upper right) Transverse line plots corresponding 
to PSFs at three axial depths for each detector sensitivity function. (lower right) Axial line scans corresponding to the 
three detector sensitivity functions. The envelope function of the PSFs has been plotted to illustrate the confocal function 
for each case. 

Before demonstrating the simulation of practical image formation, we consider an 

uncomplicated example of system PSF simulation. The PSFs, as shown in Figure 5-10, 

demonstrate how the imaging properties of a confocal microscope combine with low-

coherence interferometry to yield an OCT PSF [82]. In particular, transverse resolution is 

obtained in the same way as a confocal microscope employing monochromatic light. Axial 

resolution is influenced by two phenomena. One is the depth sectioning possessed by 

microscopes employing monochromatic light, both confocal and conventional, and the 
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other is coherence gating. Coherence gating dominates when a low numerical aperture 

objective is employed. 

A model identical to that of the stratified medium is employed, except with the FDTD 

grid extended to 6,000 cells deep and without the stratified medium. A series of 24 single 

FDTD cell scatterers, with refractive index 1.01, were arranged equidistantly along the 

optical axis, allowing depth-dependent PSFs to be calculated, as shown in Figure 5-10. The 

PSFs were calculated by performing 120 separate FDTD simulations, for a series of 

transverse scatterer positions each differing by 0.52 µm to ensure that the signals from 

different scatterers do not overlap. The TM and TE polarizations yielded practically 

identical results. A low refractive index contrast between scatterer and background ensured 

that each of the 24 PSFs shown in Figure 5-10 were practically identical to that obtained by 

calculating each PSF separately. 

Each of the three images displayed in the left portion of Figure 5-10 correspond to 

different detector sensitivity functions: 𝓓𝓓 = �𝒟𝒟𝑝𝑝𝑡𝑡, 0,0�𝑇𝑇, 𝓓𝓓 = (𝒟𝒟𝑖𝑖𝑙𝑙𝑡𝑡, 0,0)𝑇𝑇 and 𝓓𝓓 =

(𝒟𝒟𝑒𝑒𝑚𝑚𝑡𝑡, 0,0)𝑇𝑇. 𝒟𝒟𝑝𝑝𝑡𝑡 corresponds to a true point detector, 𝒟𝒟𝑖𝑖𝑙𝑙𝑡𝑡 is unity over a width of 114 µm 

and 𝒟𝒟𝑒𝑒𝑚𝑚𝑡𝑡  corresponds to an extended detector which detects nearly all light imaged into the 

detector space. The width of the support of 𝒟𝒟𝑖𝑖𝑙𝑙𝑡𝑡 was chosen because it results in imaging 

properties approximately in between the point and extended cases. OCT systems generally 

employ a single-mode optical fibre to sample the reference and scattered light. In this case, 

the detector sensitivity function will take the form of the fibre mode. Although not shown, 

the simulated PSF for a single-mode optical fibre will be similar to the case of the point 

detector. The OCT system was focused, by over-filling the aperture, on the upper-most 

scatterer, which appears at the top of the PSFs shown in Figure 5-10. The PSFs calculated 

using each of the three detector sensitivity functions have been normalized by the value of 

the corresponding PSF at the in-focus position. The images demonstrate how the PSF 

deteriorates with increased axial imaging distance. The transverse line scans demonstrate 

how, as expected, the PSF is narrower in the transverse direction when a pinhole detector 

is employed and increases as the detector radius increases. The non-Gaussian nature of the 

transverse line scans, which becomes more pronounced with axial distance from the focus, 

is due to an over-filled aperture being employed, although we note that, in practice, an 

under-filled aperture is generally employed (see Section 2.3.1). 

The axial line scans have an envelope function fitted to the peak of each PSF. This 

envelope is the so-called confocal function, the plots of which show how the depth of 

focus can be increased by increasing the extent of the detector, albeit to the detriment of 

transverse resolution. We note, however, that in the case of the extended detector, the 
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depth of focus is determined by geometrical effects rather than by a confocal pinhole. As is 

expected, aside from the amplitude modulation due to the confocal function, each of the 

individual axial PSFs has a profile matching the Fourier transform of 𝑔𝑔(𝑘𝑘). Finally, as 

noted previously, the transverse profile of the PSFs has been verified previously in a model 

of confocal microscopes employing monochromatic light [324]. 

 

Simulation of OCT image formation for a phantom 

We simulated image formation using a numerical phantom based upon a physical three-

dimensional structured phantom which has been developed in our laboratory [30]. The ob-

jective of this example is to demonstrate that the model is able to simulate the salient 

features of experimental OCT images, rather than to match a particular experimental result. 

OCT image formation for this phantom has also been recently modelled using a linear 

systems model of OCT, accounting only for single scattering phenomena [25]. The 

phantom is depicted schematically in Figure 5-11(a). The sample feature consists of the 

letters “OBEL”, constructed by dispersing TiO2 (diameter = 1 µm, 𝑆𝑆 = 2.488 at 

𝜆𝜆0 = 1300 nm) particles into a silicone elastomer casting (𝑆𝑆 = 1.42 at 𝜆𝜆0 = 1300 nm) at a 

concentration of 10 mg/mL. The scattering coefficient within the letters was calculated to 

be 𝜇𝜇𝑠𝑠 = 12.6 mm−1 at 𝜆𝜆0 = 1300 nm using the theory of extinction by a slab of particles. 

The particle scattering cross-section was calculated using Mie theory [278]. Experimental 

images of the physical phantom, presented in Figure 5-11(b) and Figure 5-13(c), were 

acquired using a Thorlabs Telesto II, spectral-domain OCT system possessing a source 

with central wavelength of 1300 nm and axial resolution of 5.5 µm, implying an effective 

3 dB bandwidth of 135 nm. It has a sample arm objective with NA of 0.056, which is 

under-filled resulting in a transverse resolution (full-width at half-maximum) of 13 µm. The 

experimentally acquired auto-correlation image is shown in Figure 5-13(d) for comparison 

with the simulated images. The auto-correlation image results from the component of 

Eq. (5-13) due to purely scattered light, 𝐼𝐼𝑠𝑠𝑐𝑐(𝑘𝑘), and is usually separated from the 

meaningful OCT image by adjusting the position of the reference mirror relative to the 

sample, as is shown in Figure 5-11(b). Although not generally of importance in dual-arm 

OCT systems, the autocorrelation image demonstrates the comprehensive nature of our 

model. 
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Figure 5-11. 3-D structured phantom for OCT. (a) Schematic diagram of the physical phantom reported in [30]. Imaging 
is performed from above the sample as demonstrated by the objective lens (not to scale) and (b) an OCT image of the 
phantom acquired with a Telesto II system, showing the lettering feature at the centre and the autocorrelation image at 
the top. The nearly horizontal line depicts the top of the phantom’s embedding medium, from which light reflects, 
leading to the faintest “OBEL” image. 

 
Figure 5-12. Diagram showing how a collection of spherical scatterers in a three-dimensional beam (left) can be 
approximated in a two-dimensional system (right). Fields and scatterers extend uniformly in the 𝑦𝑦 direction. The 
scatterers are, thus, cylinders, depicted as circles in the 𝑥𝑥𝑧𝑧 plane. 

A number of approximations are required to model, in two dimensions, a three-

dimensional imaging system and sample. It is natural to represent spherical scatterers by 

cylinders in two dimensions as shown in Figure 5-12. However, the radius of such cylinders 

will not, in general, be equal to that of the spheres they represent. This is because the 

geometrical cross-section, per-unit length, of a cylinder exceeds the geometrical 

cross-section of a sphere with the same radius, at the length scale of interest. A further 

approximation arises when using the FDTD method to calculate light scattering, as 

cylindrical scatterers are represented approximately due to space being discretised with a 

resolution determined by the FDTD cell size. Thus, when approximating cylinders with 
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radii approaching only a few FDTD cells, it is necessary to calculate the scattering 

cross-section, per-unit length, of such scatterers using the FDTD method itself. One may, 

thus, vary the shape, refractive index and concentration of two-dimensional scatterers and 

illumination polarization to achieve the desired optical properties such as scattering 

coefficient and anisotropy. 

 
Figure 5-13. Simulation of OCT image formation for a structured phantom.(a) Schematic diagram of the numerical 
phantom for which OCT image formation was simulated. The scatterers are not to scale; (b) Magnitudes of the principal 
field component for the TM and TE cases, respectively, normalized by the in-focus free-space field magnitude; (c) 
Experimental OCT image of the physical phantom; (d) Experimentally acquired autocorrelation image of the physical 
phantom; (e) Simulated OCT image of the numerical phantom for the TM case; (f) Simulated autocorrelation image of 
the numerical phantom for the TM case; (g) Simulated OCT image of the numerical phantom for the TE case; (h) 
Simulated autocorrelation image of the numerical phantom for the TE case. The scale bars in each image indicate 50 µm. 
The axial scale represents physical distance, scaled using the refractive index of silicone (1.42) for the experimental images 
and the mean group numerical refractive index for the simulated cases (1.48, see Figure 5-8). 

The FDTD simulation was identical to that of the previous section, except for the 

scatterers. One point to note is that the illumination was focussed on the top of the letters 

in the phantom. Direct simulation of image formation, i.e., three-dimensional simulation, is 

currently not feasible due to computational limitations. The current simulation, thus, 

amounts to approximating image formation in an intrinsically three-dimensional system in 

two-dimensions. The task of matching the optical properties between two- and three-
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dimensional situations can be achieved through parametric studies of the shape, refractive 

index and concentration of two-dimensional scatterers as described above. Our current 

interest is in providing a proof of principle demonstration of our model. To this end, we 

chose to represent the 1 µm nominal diameter TiO2 scatterers in the physical three-

dimensional structured phantom with cylindrical scatterers of diameter 250 nm and a 

refractive index matching that of TiO2 (𝑆𝑆 = 2.488 at 𝜆𝜆 = 1325 nm). This enabled Mie 

theory to be used to estimate the scattering coefficient of the resulting arrangement of scat-

terers. A numerical phantom was then constructed by calculating a random arrangement of 

non-overlapping circles, in the 𝑥𝑥𝑧𝑧 plane, with diameter 250 nm having centres 𝑟𝑟𝑙𝑙  =

 (𝑥𝑥𝑙𝑙, 𝑧𝑧𝑙𝑙) and density 5 x 104 mm−2, where 𝑆𝑆 is a circle index. Circles falling outside of the 

stencil of the letters “OBEL” were eliminated and the indices of scattering cells, within the 

FDTD simulation, were determined according to the list 

�(𝑆𝑆, 𝑗𝑗) ∈  ℤ2:�(𝑆𝑆Δ − 𝑥𝑥𝑙𝑙)2 + (𝑗𝑗Δ − 𝑧𝑧𝑙𝑙)  ≤ 125 nm, for any 𝑆𝑆� where Δ is the FDTD cell size. 

The scattering coefficients, within the letters of “OBEL”, were 4.3 and 22 mm-1 for the 

TM and TE cases, respectively. A good explanation of how to calculate scattering 

coefficients is given by Saidi et al. [349] and Bohren and Huffman [278]. The scattering 

coefficient of an ensemble of particles may be calculated from the product of the volume 

density of particles and the scattering cross-section defined as 𝐶𝐶𝑠𝑠𝑐𝑐 = (1 𝐼𝐼𝑖𝑖⁄ )∫ 𝓢𝓢𝑠𝑠 ⋅ 𝒏𝒏𝑆𝑆 d𝐴𝐴 , 

where 𝐼𝐼𝑖𝑖  is the irradiance of the incident plane wave, 𝓢𝓢𝑠𝑠 is the Poynting vector of the 

scattered field and 𝑆𝑆 is a surface enclosing the particle with outward normal 𝒏𝒏. In the case 

of cylinders, the scattering cross-section, and thus scattering coefficient, are calculated on 

the per unit length basis as the cylinders are infinitely long. The scattering cross-section of a 

circle represented by FDTD grid cells was calculated for both the TE and TM illuminations 

using the FDTD method. In particular, 𝓢𝓢𝑠𝑠 was calculated on a contour surrounding the 

scatterer, enabling the scattering cross-section to be evaluated. For both the case of discrete 

approximations to cylinders and ideal cylinders, theory shows that cylinders with a sub-

wavelength diameter scatter light much more significantly when the electric field vector is 

parallel to the cylinder (i.e., the TE case). 

The results of image formation using the numerical phantom are shown in Figure 5-13. 

The scatterers in Figure 5-13(a) are depicted with a larger diameter than was actually 

modelled for clarity. Figure 5-13(b) shows the magnitude of the principal field components 

for one particular beam position, at the central wavelength, for the TM and TE cases, 

respectively. The difference in scattering cross-sections, for the TM and TE cases, of each 

cylinder is evident from this plot. The field magnitude has been normalized by the 

magnitude of the field at the focus, in air, and in the absence of scatterers. 
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The experimentally acquired OCT and auto-correlation images are shown in Figure 

5-13(c) and Figure 5-13(d), respectively. They are displayed on a scale covering 0 to 37 dB 

of OCT signal-to-noise ratio. Figure 5-13(e) and Figure 5-13(g) show the simulated OCT 

images for the TM and TE cases, respectively. The simulated images are displayed on a 

logarithmic scale such that the peak OCT signal in the simulated image corresponds to the 

peak value of OCT signal-to-noise ratio in the experimental images. 

The scattering coefficient within the letters for the experimental image 

(𝜇𝜇𝑠𝑠 = 12.6 mm-1) lies between that of the two simulated images (𝜇𝜇𝑠𝑠 = 4.3 and 22 mm-1, 

respectively). As a result, multiple scattering is just visible below the letters in Figure 

5-13(c), absent in Figure 5-13(e) and prominent in Figure 5-13(g). Furthermore, attenuation 

of the OCT signal is observable in Figure 5-13(c) in regions near the base of each letter, but 

is much more pronounced in Figure 5-13(g). The simulated images, thus, represent extreme 

cases of low and high scattering and the experimental image represents an intermediate case. 

We have presented the autocorrelation images to show the model’s inherent ability to 

model contributions to image formation from sources other than those which are usually 

assumed to make the principal contribution to OCT images. Furthermore, in other 

experiments we employ a common-path configuration in our laboratory which uses the 

interface between a glass slide and the sample to achieve high phase sensitivity [24]. In this 

case, the autocorrelation image is included in the acquired image of the superficial region of 

the sample. Simulation of the autocorrelation image will, thus, provide the opportunity to 

explore the impact that the autocorrelation image has on phase sensitivity. 

In contrast to the autocorrelation image, the magnitude of the OCT signal depends on 

the reflectivity of the reference mirror. We have, thus, displayed the simulated OCT and 

auto-correlation images on the same scale, noting that the effect of different reference 

mirror reflectivities can be modelled simply by offsetting the logarithmic scale of the OCT 

image, in accordance with the reflectivity of the reference mirror. Finally, we note that it is 

also possible to model the degradation of sensitivity due to parasitic reflections in the 

optical system simply by building these into the simulation of the optical system. It is also 

possible to model shot noise and sensitivity roll-off, since we calculate the irradiance at the 

detector surface. 

We conclude this section by considering the computational burden involved with 

simulating the images in Figure 5-13. The OCT B-scans in Figure 2-13 are all derived from 

the same set of 220 FDTD simulations, representing adjacent A-scans separated by 2.2 µm, 

requiring 38 minutes per A-scan to complete using all 6 cores of an Intel Xeon E5645 

Central Processing Unit (CPU, 2.4 GHz clock speed, 12 Mb cache) and required just less 

than 4 Gb of Random Access Memory (RAM). 
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5.3.3 Discussion and conclusions 

We have presented a framework, and an example implementation, of a rigorous, full wave 

model of OCT. At the core of the model are, rigorous, time-domain electromagnetic 

scattering solvers, such as the FDTD method, which allow the light scattered by the 

deterministic sample to be calculated in a way which automatically includes phenomena 

such as multiple scattering and vectorial effects. 

A range of phenomena arising from OCT imaging can now be examined. For example, 

in the future, we plan to consider applications such as displacement measurement using 

phase sensitive detection [25], parametric imaging [74], the use of non-Gaussian beams, 

such as Bessel beams [27, 183], and to test hypotheses regarding unresolved features 

observed in a variety of medical and biomedical OCT images [326]. 

The model itself has scope for improvement. Most notably, if applications require it, 

the modelling of dispersive media in FDTD can be implemented as can anisotropic media. 

Sources of noise can also be incorporated. In fact, one of the prime strengths of this 

method is that the modular nature of the model allows phenomena arising in, for example, 

a sample, optical elements and detector, to be modelled by modifying only one component 

of the model. 

The capability of modern desktop (and superior) computers, along with the emergence 

of open source FDTD implementations [350, 351] mean that this kind of simulation will 

eventually be accessible to non-specialists. Access to institutional computer clusters will 

enable volume scans to be evaluated in on the order of a day, which is a time short enough 

to be of practical use. 
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5.4 3-D simulation of  optical beam propagation in phantoms 

In the previous sections, we have limited our simulations to a 2-D geometry, that assumes 

that both the sample and the beam, or the resulting system PSF, extend infinitely in the 

𝑦𝑦-direction. This assumption enables a faster simulation of a B-scan, but neglects the 

important contribution of the three-dimensional interaction between the beam and the 

tissue.  

In order to study and properly quantify OCT image quality, we decided to simulate the 

true three-dimensional propagation of different optical beams through free-space and 

tissue phantoms. With reference to the phantoms described in Chapter 4, we envisaged a 

sample geometry with the scattering overlayer on top of PSF phantom, allowing us to 

quantify the effect of Bessel and Gaussian beams on OCT image quality, by simulating the 

degradation of the PSF for different scattering anisotropies. 

5.4.1 Simulation of  beam propagation in free-space 

We computationally and experimentally realized Gaussian and Bessel beams of equal centre 

wavelength (840 nm), numerical aperture (0.12, FWHM resolution 2.6 µm) and power, but 

with different DOF, and peak irradiance (see Table 5-1, and Figure 5-14.) The centre of the 

DOF of both beams, i.e., the midpoint between the locations of the axial irradiance half-

maxima, was located at the same depth in the sample, so that both beams experienced the 

same effective scattering parameter, 𝜇𝜇𝑠𝑠𝑧𝑧0 [282]. The DOF centre for the Gaussian beam 

corresponds to the focus position, whereas, for the Bessel beam, it is located after its peak 

axial irradiance, due to its asymmetrical profile.   

Table 5-1. Simulated and experimental beam characteristics 

Beam type (in free space) Gaussian Bessel 
Transverse resolution, FWHM 

 
2.6 2.6 

Depth of field (µm) 40 330 
Irradiance penalty (dB) 0 7.5 

 

The Gaussian and Bessel beams were simulated (in free-space) using both the 

previously described commercial optical modelling software VirtualLab (LightTrans 

International UG, Germany), and the custom-built numerical solver of Maxwell’s equations 

of electromagnetism (EM) [324]. Experimentally, the beams were produced using the 

reconfigurable dual beam OCT setup described in Section 2.3. This system is setup in 

reflection-mode, i.e., the beams used the same path for illumination and collection. The 

beams were measured using a commercial beam profiler (SP620U, Ophir-Spiricon, USA).   
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Figure 5-14 shows the simulated beam profiles and the beam axial and radial irradiance 

plots, for both simulation and experiment. Figure 5-14(a) shows the amplitude of the 

electric field component along the 𝑥𝑥-axis, |𝐸𝐸𝑚𝑚|, across a plane transverse to the optical axis 

(aligned with the 𝑧𝑧-axis) for both beams. 

 

Figure 5-14. Optical beams: Gaussian and Bessel beams of equal resolution and power. (a) Simulated input electric field 
|𝐸𝐸𝑚𝑚| amplitudes for the Gaussian and Bessel beams, and (b) typical quadratic and linear field phase profiles in the quarter 
sections bound by a white dashed line in (a). (c) Simulated free space electric field amplitude |𝐸𝐸𝑚𝑚| in a 3-D quarter section 
of the full simulation workspace. The proximal edge at (𝑥𝑥,𝑦𝑦) = 0 coincide with the beam optical axis. Simulated and 
experimental free-space (d) on-axis and (e) radial logarithmic irradiance, where 0 dB represents the peak Gaussian 
irradiance attenuated by the overlayers. There is a good match between simulated and experimental beam profiles. 
Reproduced from [28]. 
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This represents both an output of the VirtualLab simulation for the reconfigurable 

sample arm, and, together with the much weaker �𝐸𝐸𝑦𝑦� component on the same plane (not 

shown), the input for the full EM numerical solution simulation, described below. The 

output of the simulation is shown in Figure 5-14(b)-(c), with phase and amplitude of the 

electric field 𝐸𝐸𝑚𝑚 of both beams displayed in quarter sections with the proximal edge 

coinciding with the optical axis.  

The free-space axial and transverse irradiance plots of Gaussian (green) and Bessel (red) 

beams in Figure 5-14(d)-(e), respectively, show very good agreement between the 

VirtualLab and full EM simulations. This provided an additional validation of the EM 

simulation. There is also good agreement with experimental curves, verifying the theoretical 

values given in Table 5-1. In these plots, 0 dB is the reference irradiance representing the 

Gaussian peak equally attenuated by all overlayers. 

5.4.2 Simulation of  beam propagation in tissue phantoms 

The pseudo-spectral time-domain (PSTD) method [352] was used to perform the EM 

simulations of beam propagation in tissue phantoms. The PSTD method uses the fast 

Fourier transform (FFT) to calculate spatial derivatives, instead of finite-differences used in 

the conventional finite-difference time-domain (FDTD) method [328] (employed for the 

simulations of the scattered field in Section 5.3) allowing significantly larger computational 

volumes to be simulated [338] with a Yee cell spatial grid spacing approaching λ/2.  

 

 

Figure 5-15. Illustration of the EM simulation. The plots show the beam full transverse input field amplitude and its 
propagation over 350 µm in quarter section sliced along the optical axis. Gaussian beam propagation (a) in free space, (b) 
through scattering-free overlayer into the PSF phantom, and (c) through Overlayer 3 into the PSF phantom. Beam 
propagation in the overlayer is achieved with the PSTD simulation with a grid discretization (Yee cell) scale visible on the 
right. Beam propagation in the PSF phantom is achieved with an angular spectrum propagation method. Reproduced 
from [28]. 
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For the sake of simplicity, we only used the PSTD simulation to calculate the field 

distribution inside the overlayers, and then propagated the output field for 200 µm into the 

PSF phantom bulk (polyurethane resin) using an angular spectrum propagation (ASP) 

method [353], as no significant bulk scattering is expected in the PSF phantom. 

Figure 5-15 illustrates the beam and sample geometrical configuration of the simulation, 

by showing the Gaussian beam field amplitude in the input transverse plane and along a 

quarter section with the proximal edge coinciding with the optical axis. The beam 

propagation is shown in free space in Figure 5-15(a), through the scattering-free (SF) 

overlayer (represented by a shaded grey box) into the PSF phantom in Figure 5-15(b), and 

through Overlayer 3 into the PSF phantom in Figure 5-15(c). In Figure 5-15(c) the faint 

scattered field amplitude on the boundaries of the PSTD simulation volume is also plotted.  

Table 5-2 summarizes the simulation specification. 

Table 5-2. Simulation characteristics 

Yee cell size (nm) 210 (λ/4) 
# of simulation cells 108 

PSTD simulation volume x-y-z (µm) 80x80x15
 ASP simulation volume x-y-z (µm) 80x80x20
  

An approximation of the OCT PSF is obtained from the square of the simulated 

transverse illumination irradiance profiles [27, 251]. Figure 5-16 shows, on a logarithmic 

scale, the simulated OCT transverse PSFs (Figure 5-16(a)) and the experimental PSFs 

(Figure 5-16(b)) for both beams, after propagation through the SF overlayer, Overlayer 2 

(𝑔𝑔 = 0.987) and Overlayer 3 (𝑔𝑔 = 0.993) in two transverse planes, i.e., 140 µm before focus 

and at focus (top and bottom, respectively). 

Figure 5-16 shows good qualitative agreement between the simulated and experimental 

transverse PSFs, compatible with the necessarily different realizations of the coherent 

(speckled) field between the two.  
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Figure 5-16. (a) Simulated and (b) experimental transverse PSFs for Gaussian and Bessel beams, top and bottom, 
respectively. The top row for each beam is 140 µm before focus, and the bottom row is at focus. SF: Scattering-free 
overlayer; 2: Scattering overlayer 2; 3: Scattering overlayer 3. Dynamic ranges in the images are as follows: Gaussian SF: 
40 dB; Gaussian 2, 3: 30 dB; Bessel SF: 30 dB; Bessel 2, 3: 20 dB. Reproduced from [28]. 

Because of this agreement, and the additional independent validation of the 

electromagnetic numerical simulation through scattering media presented in [32, 324], in 

the next chapter, we will evaluate a parameter that quantifies, in effect, the ratio of the 

image-carrying to image-degrading signal components, from the simulated beam 

irradiances. 

5.5 Conclusion 

In this chapter, we have presented an extensive set of OCT image simulation and optical 

beam propagation tools. The level of complexity of the model needs to be tailored to the 

level of realism and dimensionality required for it to be useful in the study and 

understanding of the subject matter, as complexity comes with increasing processing time 

and computational costs, often requiring use of supercomputing centres.  

For the understanding and description of the speckle phenomena in OCT, a 

two-dimensional model based on local sums of random phasors will suffice. For modelling 

phase-sensitive OCT measurements, which is required to understand OCE image 

formation and improve its image quality, a more advanced linear systems model providing 
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realistic OCT amplitude and phase images from numerical scattering phantoms was 

developed. Finally, to assess and improve OCT image quality in scattering turbid media, a 

full wave model, using FDTD or PSTD numerical solutions of Maxwell’s equations in two 

and three dimensions, was developed. 

In the next two chapters, we will combine the elements and methods described in 

Chapters 3, 4 and 5, i.e., beam shaping, tissue-mimicking phantom technology, and light-

tissue interaction and image formation simulations to assess and improve image quality in 

OCT and OCE. 


