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Introduction

To celebrate the 25th anniversary of the introduction of OCT, the special feature issue entitled
“Development and Application of Optical Coherence Tomography (OCT)” had been initiated. OCT
originated from low coherence interferometry [1] and was adapted for tomographic imaging in
1991 [2]. In OCT, broad bandwidth light is used in order to produce cross-sectional images of turbid and
translucent samples with high axial resolution (in the order of a few μm). Thereby, the imaging speed of
OCT can be as high as several millions of depth scans (A-scans) per second, which allows for volumetric
investigations of dynamic processes [3]. Nowadays, OCT can be regarded as a well-established
technique that offers various applications in different fields. Some of these applications and latest
developments are covered in the special feature issue, consisting of three overview papers and nine
research papers. These are outlined below in the order of their appearance in the feature issue.

The high imaging speed of OCT enables the contrasting of dynamic structures (e.g., blood vessels)
from static tissue. Thereby, two or more cross-sectional OCT tomograms (B-scans) are recorded
at the same sample location at high speed. Any motion introduced by flow will cause changes of
the amplitude and phase between the recorded OCT B-scans. As a result, vessel maps of tissue
are generated and the technique is referred to as OCT angiography (OCTA), mainly because of
the similarity of the images to conventional angiographic imaging. However, in contrast to most
angiographic techniques, OCTA is completely non-invasive and does not rely on the administration of
contrast agents. J. Zhu et al. [4] present an overview on the various algorithms used for OCTA and
provide a detailed analysis on the question of whether the technique can be extended from a purely
contrasting method to a more quantitative assessment of the underlying flow.

By exploiting the polarization sensitive information carried by light, additional information on
sample composition can be obtained. The corresponding technique is called polarization sensitive
(PS-)OCT, which enables the contrasting of different tissue types based on their polarization sensitive
properties. PS-OCT is not limited to the biomedical field, and can be very attractive for material
sciences and non-destructive testing. Technological principles as well as the various applications of
PS-OCT are summarized by B. Baumann [5].

An interesting and growing field of application for OCT is presented by H. Schneider et al. [6].
In their work, they provide an overview of OCT in dentistry and evaluate the performance of the
technique for caries diagnosis and for the monitoring of composite restorations.

OCT-based image-guided surgery is another growing field of application. Thus, fast imaging
processing will be essential for translating this technology to clinical routine. In order to address this
issue, M. Zhou et al. [7] present new segmentation approaches for localizing surgical needles that can
be inserted into the eye ball for microsurgical procedures.

The sintering process is an important step towards high quality fabrication of tooth
prostheses. State of the art quality metrics of this process are either time-consuming or subjective.

Appl. Sci. 2017, 7, 1507 1 www.mdpi.com/journal/applsci
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C. Sinescu et al. [8] propose the use of OCT for a non-destructive investigation of temperature effects
during this process.

For specific applications, the image contrast provided by OCT might not be sufficient. To increase
the visibility of structures, contrast agents can be employed that are usually highly scattering. A very
elegant method is the use of iron oxide particles in combination with magnetic-induced motion of
the particles. The corresponding technique is referred to as magnetomotive-OCT (MM-OCT). In their
paper, P. Cimalla et al. [9] present an improved method for MM-OCT and provide first imaging results
in cells. Doppler OCT enables the non-invasive quantification of flow in tissue by measuring the axial
velocity component. However, lateral motion may influence the corresponding quantitative data. With
the aim of minimizing this influence, J. Walther et al. [10] extend the concept of resonant Doppler OCT
by moving the OCT scanning unit lateral to the sample.

Protective coatings are very important for various objects. Corresponding thickness measurements
are essential for determining the quality and degradation of coatings. The ability of OCT in comparison
with state of the art methods for determining degradation effects are presented by M. Lenz et al. [11].
Coating thickness measurements for the automotive industry using a line field OCT approach are
presented by S. Lawmann et al. [12].

As outlined above, dynamic processes can be investigated using OCT because of the fast imaging
speeds provided by the technique. These dynamic processes may occur at different time scales and are
investigated in two papers of the special issue. C. Schnabel et al. [13] use OCT to investigate the rather
fast alveolar dynamics in an in vivo animal model. On the other hand, O. Thouvenin et al. [14] use full
field OCT in combination with dynamic, mechanical, and molecular contrast with the aim of providing
tissue- and disease-specific information on a microscopic level and improving the sensitivity/specificity
of disease diagnosis. The depth range of spectral domain OCT instruments is generally limited and
may not be sufficient for a specific application. For an extension of this depth range, T. Wu et al. [15]
use two separate reference arms in combination with a phase modulation. The latter allows the
reconstruction of the full complex signal and a doubling of the depth range, which is doubled again
through the implementation of the second reference arm.

With all these contributions, this special feature issue underlines the very active and rapidly
growing field of OCT. Meanwhile, various applications of the technology have been demonstrated and
further improvements of instrumentation may be developed in the future. This may pave the way for
additional applications of this powerful imaging technique.
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Abstract: Polarization sensitive optical coherence tomography (PS-OCT) is an imaging technique
based on light scattering. PS-OCT performs rapid two- and three-dimensional imaging of transparent
and translucent samples with micrometer scale resolution. PS-OCT provides image contrast based on
the polarization state of backscattered light and has been applied in many biomedical fields as well as
in non-medical fields. Thereby, the polarimetric approach enabled imaging with enhanced contrast
compared to standard OCT and the quantitative assessment of sample polarization properties. In this
article, the basic methodological principles, the state of the art of PS-OCT technologies, and important
applications of the technique are reviewed in a concise yet comprehensive way.

Keywords: optical coherence tomography; polarization sensitive devices; biomedical imaging;
birefringence; scattering; depolarization

1. Introduction

Optical coherence tomography (OCT) is an imaging modality providing 2D and 3D images
with micrometer scale resolution [1–3]. Often considered an optical analog of ultrasound imaging,
OCT detects light backscattered from sample structures. However, since the speed of light is much
greater than that of sound, subtle differences in time delays corresponding to optical path lengths from
different scatter locations within the sample cannot easily be measured in a direct way. For instance, the
time delay corresponding to an optical path length of 10 μm is only on the order of ~30 fs. In order to
assess such short delay times, OCT employs the interference of low coherent light [4,5]. Low-coherent
light sources span a broad wavelength range, usually covering several tens of nanometers when used
for OCT. Before the light interacts with the sample, it is split into two. One portion is directed onto the
sample, while the other portion—the so-called reference beam—travels a defined path length before
being recombined and interfered with the light beam scattered by the sample. Now, since low-coherent
light consists of a continuum of wavelengths, the interference spectrum will be subject to modulations
which depend on the path length difference between the sample beam and the reference beam. From
the interference signal in the time or spectral domain, the axial position of scattering structures within
the sample can be reconstructed [4,5]. The respective depth profile (backscatter intensity vs. depth) is
called an axial scan (A-scan) and forms the basic unit of OCT images. By scanning the beam laterally
across the sample, two- and three-dimensional images can be assembled from the acquired A-scans.
OCT is a rapid imaging method providing 3D data comprising up to several millions of axial scans
within few seconds [6]. The axial resolution of OCT is usually in the order of a few micrometers
and, despite the high imaging speeds, the interferometric approach enables detection sensitivities of
reflected light signals as low as 10−10 of the input.

Appl. Sci. 2017, 7, 474 4 www.mdpi.com/journal/applsci
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During the past 25 years since its invention, OCT experienced a multitude of technological
advances leading to higher imaging speeds, improved resolution, and novel contrast mechanisms. One
so-called functional extension of OCT is polarization sensitive (PS) OCT. PS-OCT adds polarization
contrast to the technique. While the standard OCT is based solely on the intensity of light backscattered
or reflected by the sample, PS-OCT also detects its polarization state. Since the polarization state can
be measured for every pixel in a depth scan, PS-OCT can enhance the image contrast and also enables
quantitative measurements of a sample’s polarization properties. These properties are often linked to
the micro- or even ultrastructure of the sample which themselves are below the optical resolution limit
of OCT [7]. Hence, the detection of changes of polarization properties—be they due to disordered
microstructure in pathological tissue or due to stress and strain in a technical sample—may provide
access to quantities and markers that are of interest for a broad variety of applications.

PS-OCT has been applied in many biomedical as well as non-medical fields. Figure 1 shows
results of a search for scientific publications on PS-OCT using the free literature search engine PubMed
(https://www.ncbi.nlm.nih.gov/pubmed/). In Figure 1a, the number of publications per year was
plotted beginning with the first article on PS-OCT published in 1997 [8]. A rising trend of published
documents per year can be observed, peaking with more than 30 publications per year for the last
three years. The set of 360 publications was classified into seven medical fields and one non-medical
field. The latter included articles primarily focusing on technological aspects or on measurements of
technical (i.e., non-biological) samples. Figure 1b shows a pie chart with the break-up into the eight
fields. The most prominent field was ophthalmology including roughly a third of all publications,
followed by the ‘technical’ publications, reports on dental applications, PS-OCT in bones, cartilage,
muscles and tendons, and skin imaging. Further fields of application were imaging of cardiac and
vascular tissue, of cancerous tissue, and of neural tissue. The evolution of the eight groups over the
past 20 years is shown in Figure 1c. Here, an increasing number of research papers on PS-OCT in
the eye during the last decade can be observed. The relative share of publications grouped in the
respective fields is shown in Figure 1d.

Figure 1. PS-OCT in the scientific literature. Results from a literature search for “polarization sensitive
optical coherence tomography” and “polarization sensitive optical coherence tomography” on PubMed
(https://www.ncbi.nlm.nih.gov/pubmed/, accessed on 5 January 2017). (a) Number of documents
published per year since 1997; (b) Break-up of the publications into seven medical and one technical
area. The latter includes PS-OCT measurements of technical samples and phantoms; (c) Absolute
numbers of publications per year are shown for the eight fields of application; (d) Time course of the
relative share of the eight subgroups. The color legend in (b) also applies to (c) and (d).
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This review paper strives to provide an overview of the state of the art in PS-OCT. While other
review papers provided a more in-depth discussion of the physical principles of the technique [9,10],
this article is particularly focusing on applications of PS-OCT. In the following, we will first introduce
basic concepts for describing polarization of light as well as commonly used technical approaches
for realizing PS-OCT. Then, using the eight categories mentioned above, we will discuss important
applications of PS-OCT in the biomedical field and for non-biomedical use.

2. Principles of Light Polarization and PS-OCT

2.1. Polarization of Light

Polarization of light describes the geometrical orientation of the oscillations of electromagnetic
waves. When considering a light beam as a transverse wave propagating in z-direction, its electric field
vector and magnetic field will not only be perpendicular to each other but also be perpendicular to z.
At any spatial coordinate and time point, such a wave can be characterized by the complex-valued field
components ex,y describing the oscillations in x- and y-direction, respectively. For a monochromatic
plane wave travelling in z-direction, these two complex-valued components form the so-called Jones
vector [11]. Depending on the amplitudes of ex and ey and on their respective phase delay δ, different
states of polarization will be observed, as illustrated in Figure 2a. A Jones vector having a relative
delay of 0◦ or 180◦ (i.e., half a wave) describes a linear polarization state. In case this linear state
oscillates only in x-direction or only in y-direction, it is termed a horizontal or vertical linear state,
respectively. When the x- and y-amplitudes are equal, the state is linear with an orientation of +45◦ for
δ = 0◦ and linear with an orientation of −45◦ for δ = 180◦. If the amplitudes in x- and y-direction are
equal but δ is a quarter of a wave (i.e., δ = ±90◦), the Jones vector will describe a right- or left-hand
circular polarization state. In the general case of arbitrary δ and amplitudes, the wave will be in an
elliptical polarization state.

As an alternative to describing polarization states by Jones vectors, a three-dimensional space
spanned by horizontal/vertical linear state, +45◦/−45◦ linear state, and right-/left-hand circular state
can be used (Figure 2b). Four-component, real-valued vectors [I Q U V]T, so-called Stokes vectors,
describe polarization states in this space [12]. Here, I corresponds to the intensity of light, and Q, U,
and V are the components along the three above-mentioned axes. Unlike Jones vectors, Stokes vectors
enable the characterization of light depolarization. In case of fully polarized light, I corresponds to
the length of the vector [Q U V], i.e., I =

√
Q2 + U2 + V2. Then, the light’s degree of polarization

DOP =
√

Q2 + U2 + V2/I equals unity. In case of depolarization, DOP is less than unity, and equals
zero for completely depolarized light. The unit sphere in Figure 2b is called a Poincaré sphere.

In order to describe the interaction of light with an optical element (or a sample investigated
by a PS-OCT system), an operator acts on the polarization vector of the interrogating light beam.
In Jones calculus, this operator is a complex-valued 2 × 2 matrix called Jones matrix (J) [11]. The
evanescent light beam is represented by eout = J ein, where ein is the input Jones vector (Figure 2c). If
the light beam traverses several optical elements (or sample structures), the resulting Jones vector can
be calculated by multiplying a cascade of Jones matrices to the input vector, JN JN−1 · · · J2 J1ein where
J1 through JN represent the polarization properties of N elements (or sample layers). Analogously,
real-valued 4 × 4 matrices—so-called Müller matrices (M)—are used to describe the interaction of
Stokes vectors with optical elements by the Stokes–Müller formalism: Sout = MSin (see Figure 2d) [12].

Different approaches of PS-OCT enable the pixelwise measurement of Jones vectors, Jones
matrices, Stokes vectors, or Müller matrices. Since the display and interpretation of these
multidimensional quantities is often not straight-forward (or even impossible), PS-OCT imagery
usually displays physical polarization measures directly related to relevant sample properties.
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Figure 2. Polarization of light. (a) Jones vectors. Depending on the amplitudes Ax,y and the relative
phase retardation δ of the transverse light wave components oscillating in x and z direction, different
polarization states such as linear for δ = 0◦ and δ = 180◦, circular for δ = ±45◦ and equal amplitudes
Ax = Ay, or elliptical for all other combinations can be described. The vector e = [Ax, Ay exp(iδ)]T is
called Jones vector; (b) Stokes–Müller representation of polarization states. Vectors in the 3D space
spanned by horizontal/vertical linear state, +45◦/−45◦ linear state, and right-/left-hand circular state
are called Stokes vectors. Stokes vectors (red) describe any elliptical polarization state and their length
scales with intensity of polarized light. The unit sphere is called a Poincaré sphere; (c) The interaction
of a Jones vector with a sample can be described by multiplication with a Jones matrix describing the
tissue properties; (d) Likewise, the interaction of a Stokes vector with a sample can be calculated by
multiplying with a so-called Müller matrix describing the sample polarization properties.

2.2. Polarization Effects

The polarization state of a light beam can be affected by interaction with optical components or
sample structures [7]. In the following, four polarization effects will be described which are relevant
for PS-OCT imaging.

• Preserved polarization. Many optical components and materials do not (or only negligibly)
change the polarization state of light traversing them, i.e., J = 1 and M = 1. Their interaction can
be described by eout = Jein = ein and Sout = MSin = Sin.

• Birefringence. In birefringent media, differently oriented polarization states experience different
speeds of light. When these basis polarizations are orthogonal linear polarizations (as in Figure 2a
along the x- and y-axes), the effect is referred to as linear birefringence. Birefringence may also
be circular or elliptical for respective different bases (eigenvectors); in this review, however, we
restrict our discussion to linear birefringence. Linear birefringence occurs for instance in retarders
such as wave plates, in crystals, and in many tissues with an oriented (e.g., fibrous) microstructure.
Birefringence—i.e., the difference Δn of the refractive indices along the two axes–produces a phase
retardation δ, which is proportional to the length L of the retarder, δ = Δn·L. The retardation δ of a

7
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quarter wave plate (QWP) for example amounts to 90◦ (π/2 rad). If aligned with its slow and fast
axes at 45◦ with respect to the x- and y-axes, the QWP would render a horizontal or vertical linear
state into a circular polarization state (Figure 2a, center). The Jones matrix of a retarder with a
retardation δ and aligned with an orientation ϑ = 0 is represented by

Jret(δ, ϑ = 0) =

[
eiδ/2 0

0 e−iδ/2

]
(1)

If an optical element such as a retarder is rotated by an angle ϑ, its Jones matrix J = J(ϑ = 0) is
transformed into T(ϑ) J T(−ϑ) where T(ϑ) is a rotation matrix. In Stokes-Müller formalism, the
propagation of light through birefringent tissue is represented by a circular rotation of the Stokes
vector tip on the Poincaré sphere. PS-OCT approaches based on Jones calculus or Stokes-Müller
formalism enable depth-resolved measurements of phase retardation and of birefringent axis
orientation [8,13–16].

• Diattenuation. Diattenuation (or dichroism) refers to a polarization dependent attenuation in an
optical medium. When the axes of a diattenuating optical element or structure are aligned with
the x- and y-direction, its Jones matrix is represented by

Jdiatt(p1, p2, ϑ = 0) =

[
p1 0
0 p2

]
(2)

where p1 and p2 correspond to the respective signal attenuation p1,2 = exp
(
−μa1,2

L
)

with
attenuation coefficients μa and the length L. Similar to the linear birefringence, the Jones matrix for
a diattenuating element oriented at ϑ can be computed by sandwiching Equation (2) by rotation
matrices. An extreme case of a diattenuating element with p1 = 1 and p2 = 0 is a linear polarizer
which only transmits light along axis 1. It should be noted that diattenuation in biological tissue
is usually very weak and thus is often assumed negligible for PS-OCT [16,17], although attempts
have been made to quantify diattenuation using PS-OCT [15,17,18].

• Depolarization. Depolarization or polarization scrambling refers to a more or less random change
of the incident polarization state at spatially adjacent sample locations. Using Stokes–Müller
polarimetry, depolarization can be described by the DOP discussed in Section 2.1. However, owing
to the coherent detection in OCT, DOP will always equal unity in any pixel of a PS-OCT dataset [9].
Therefore, in order to analyze polarization scrambling using PS-OCT, the randomization of
polarization states among neighboring speckles is investigated [19,20]. The Stokes vectors of
adjacent speckles will be more or less parallel in polarization preserving or weakly birefringent
media, while they will point in different directions in depolarizing media (Figure 3a). For the
purpose of depolarization assessment, the average Stokes vector can be calculated within a
small kernel including several speckles (Figure 3b). Typical kernel sizes for this calculation are
on the order of ~100 pixels spanning 2–3 times the axial resolution in depth and 2–3 times the
transverse resolution laterally [20]. Note also that pixels with low reflectivity (i.e., less than several
decibels above the noise floor) are usually excluded from the analysis. The length of the average
normalized Stokes vector is referred to as the degree of polarization uniformity (DOPU) [20]:

DOPU =

√
Q2

+ U2
+ V2/I (3)

where the overbar indicates the ensemble average and I denotes the average Stokes vector length
for normalization. As shown in Figure 3b, DOPU or the average Stokes vector length will be
close to unity in polarization preserving tissue, while it will be lower in the case of polarization
scrambling where the orientation of the Stokes vectors is more diverse. In DOPU images, DOPU
values at every spatial coordinate are color-coded. Recently, advanced depolarization measures
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have been developed including DOPU with noise floor normalization [21], spectral DOPU [22],
the depolarization index independent of the incident polarization state [23], and the differential
depolarization index providing a larger dynamic range for depolarization mapping [24]. Different
mechanisms can cause polarization scrambling, and the actual cause of depolarization observed in
DOPU images has not always been completely clarified. In biological tissues, depolarization can
be caused by multiple scattering or by scattering at non-spherical particles such as melanin
granules [25]. Since the strength of depolarization is proportional to the concentration of
polarization scrambling scatterers, depolarization measures such as DOPU may for instance
enable a quantitative assessment of the melanin concentration in ocular tissues [26].

Figure 3. Depolarization measurement by PS-OCT. (a) Stokes vectors are plotted in Poincaré spheres
for polarization preserving tissue (left, pink window) and for depolarizing tissue (right, blue window).
Different Stokes vectors (red) correspond to the polarization states in adjacent image locations. In
order to assess polarization scrambling within the evaluation kernels represented by the pink and blue
rectangles overlaid on the OCT reflectivity image (center) of a rodent retina, the length of the average
Stokes vectors is computed; (b) The length of the average Stokes vector (shown in blue in the Poincaré
spheres) is decreased in case of depolarization. The DOPU image (center) assigns a color to the DOPU
value of each pixel. The color map plots values from DOPU = 0 (blue, completely depolarized) to
DOPU = 1 (red, uniform polarization). Pixels with low reflectivity (typically up to several decibels
above the noise level) are masked in black. Note that the resolution in the DOPU image is slightly
reduced by convolution with the evaluation kernel. In the DOPU image, most retinal structures appear
to be polarization preserving, while pigmented structures such as the retinal pigment epithelium and
the choroid scramble the polarization.

In general, polarization effects may be subject to dispersion, that is, their strength depends on
wavelength. Since OCT is based on broadband light covering a wide range of wavelengths, efforts
have been made to mitigate effects such as polarization mode dispersion in PS-OCT systems based on
optical fibers [18,27–30].
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2.3. Brief Basics of OCT

OCT is based on low coherence interferometry, i.e., the interference of broad band light [1,4].
A multitude of different interferometer designs have been used for OCT. A sketch of a basic Michelson
interferometer is shown in Figure 4a. Here, light from a low coherent light source such as a
superluminescent diode or a broadband laser is split into one beam that is directed on the sample and
another beam that serves as a reference. After the beam splitter, the beam in the sample arm is directed
onto the sample, whereas the reference beam is reflected by a mirror. Light backscattered and reflected
by the sample eS and light reflected by the reference mirror eR is recombined at the beam splitter.
The sample and reference beam interfere and their interference signal is detected at the interferometer
exit. The interference signal in the time domain can be described by

I(z) = IR + IS + 2
√

IR IS|γ(z − z0)| cos[2k0(z − z0)]. (4)

Figure 4. Basic schemes for PS-OCT. (a) Basic scheme of OCT with a Michelson interferometer.
(b) PS-OCT with a single circular input state; (c) PS-OCT based on probing with several input
states; (d) PS-OCT based on a Mach–Zehnder interferometer with two input states generated by
a polarization delay unit. See text for descriptions of different approaches. The grey arrows indicate
the directions of light beams. Black pictograms indicate linear, circular, and elliptical polarization
states. LS—light source, POL—polarizer, QWP—quarter wave plate, RM—reference mirror, L—lens,
SAM—sample, PBS—polarizing beam splitter, DU—detection unit, POM—polarization modulator,
PS1/PS2—polarization state 1/2, BS—beam splitter, Δz—path delay between polarization states,
PDU—polarization delay unit.

Here, IR ∼ |eR|2 is proportional to the intensity of the reference beam and IS ∼ |eS|2 is
proportional to the intensity of light backscattered or reflected by the sample. The third term contains
the interference information. Its first component

√
IR IS indicates that the strength of the interference

signal will scale with both the sample and the reference amplitude. The high sensitivity of OCT is
based on the fact that even weak light scatter signals IS from the sample can be amplified by a strong
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reference signal IR. The second component |γ(z − z0)| contains the complex degree of coherence γ(z)
which is inversely related to the spectral bandwidth of the light source (via the Fourier transform of the
spectral density). For broad bandwidth sources common in OCT, |γ(z)| will only be greater than zero
for a shallow depth around every scattering sample interface along the propagation direction z. Hence,
the high resolution of OCT is contained in this term. The third component cos[2k0(z − z0)] describes a
sinusoidal modulation of the interference signal along z. Here k0 = 2π/λ0 is the central wavenumber
of the spectrum. In order to acquire depth scans in time domain OCT, the signal intensity I(z) is
recorded at the interferometer exit while the reference mirror is axially translated in beam direction z.

Most modern OCT systems rely on frequency (or Fourier) domain detection of the interference
signal [5,31]. In such Fourier domain OCT systems, the reference mirror position is fixed and the
interference spectrum is acquired. This can be achieved by using a spectrometer at the interferometer
exit which disperses the interference signal into its spectral intensity components. Alternatively, a
broadband wavelength-swept light source can be used to rapidly tune the spectrum with a narrow
instantaneous bandwidth. In this case, the interference spectrum is recorded as a function of time by a
detector at the interferometer exit. For each interface, the acquired spectral interference signal

S(k, Δz) = SR(k) + SS(k) + 2
√

SR(k)SS(k) cos[2Δz k]. (5)

contains three terms, similar to Equation (4). The first two terms contain the spectral densities returning
from the reference arm (R) and the sample arm (S). Via

√
SR(k)SS(k), the last term again is proportional

to the spectral densities of the reference beam and the sample beam. Note that the last term is subject to
a modulation cos[2Δz k] across wavenumber k, whose modulation frequency is proportional to the path
length difference between the light path to sample interface and the light path to the reference mirror,
Δz = zS − zR. The factor 2 accounts for the double pass through the interferometer arms. Since every
path length difference Δz is encoded by a different spectral modulation frequency, the interference
signals from multiple depth locations can be recorded simultaneously. A frequency analysis using the
Fourier transform then provides the axial depth scan similar to Equation (4).

2.4. Technical Approaches to PS-OCT

During the past 25 years, a great variety of PS-OCT layouts has been devised. PS-OCT schemes
differ in terms of optical technology (fiber optics vs. bulk optics), number of input states, number of
detected variables, and reconstruction algorithm. The use of free-space beams in bulk optics permits
defined polarization states at any location within the interferometer. Fiber optics provide easier
system alignment, but the polarization of light will in general be influenced by birefringence and
polarization mode dispersion in optical fibers. PS-OCT has been performed with as little as one input
state and one detected intensity signal. Such settings correspond to regular OCT, however with altered
reference polarization for cross-polarization imaging [32,33] or for imaging with variable reference
polarization [34]. In contrast, the most comprehensive PS-OCT approaches detected up to 16 elements
of the sample’s Müller matrix—in every single image pixel [35–38]. In the following, we are going
to describe two major categories of PS-OCT schemes: PS-OCT with a single circular input stage and
PS-OCT based on sample illumination by multiple polarization states.

2.4.1. PS-OCT with a Single Circular Input State

PS-OCT with a single circular input state relies on a polarization sensitive low coherence
interferometer design devised by Hee et al. in 1992 [13]. The basic scheme using a Michelson
interferometer is shown in Figure 4b. Light from a low coherent light source is linearly polarized
before being split up into a reference arm (top) and a sample arm (right). In the sample arm, the beam
passes a QWP oriented at 45◦ which renders the original linear polarization into a circular polarization
state and then illuminates the sample. Sample illumination by circular light offers sensitivity to
any transverse orientation of birefringent media. If linearly polarized light were used for sample
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illumination, the sample’s fast or slow birefringent axis could align with the interrogating linear
polarization such that no birefringence would be observed. In the case of circular sample illumination
shown in Figure 4b, a birefringent sample will in general produce an elliptical state. The reflected or
backscattered light will transmit the QWP again and interfere with the reference beam at the beam
splitter. Due to double passing a QWP oriented at 22.5◦ in the reference arm, the reference beam is
a linearly polarized light beam oscillating at 45◦ which provides equal intensity components in the
horizontal and vertical orientation, respectively. At the interferometer exit, the OCT light beam is split
up into its horizontal (H) and vertical (V) component, which are detected by separate detection units.
By the respective amplitudes AH,V and the relative phase difference ΔΦ, Jones vectors are detected for
every image pixel. These Jones vectors enable the calculation of the sample’s birefringent properties,
namely of phase retardation δ [13,39] and fast birefringent axis orientation ϑ [14] as well as sample
reflectivity R:

R ∝ A2
H + A2

V (6)

δ = arctan
(

AV
AH

)
(7)

ϑ =
π− ΔΦ

2
(8)

Since δ = Δn·L accumulates as a function of the light path L travelled in a birefringent material,
phase retardation measurements are cumulative. However, the measurement of δ is restricted to 0–90◦

due to the arctangent, which leads to cumulative retardation images with a banded structure caused
by increasing and artificially decreasing δ in strongly birefringent samples (cf. Figures 9 and 10). From
the detected amplitudes AH,V and the relative phase difference ΔΦ, the Stokes vector elements can
also be calculated for every image pixel [19]. These may then serve as the input for depolarization
images, for instance based on DOPU [20].

The beauty of the above scheme lies in its simplicity. Most implementations were done using
free-space optics [14,40–44], however fiber optic prototypes have also been reported based on
polarization maintaining (PM) fiber optics [45–52] and regular single mode fibers [53–55].

2.4.2. PS-OCT Based on Multiple Input States

PS-OCT systems using multiple polarization states as an input may provide access to additional
polarization quantities. The scheme described in Section 2.4.1 is based on a single circular input state
and relies on the assumptions that the sample is not diattenuating (which is a valid assumption for most
biological tissues [17,56]) and that the axis orientation of the birefringent structure does not change
along depth [43,44]. A method to overcome the latter limitation for retinal PS-OCT has been developed
to remove the impact of corneal birefringence on birefringence measurements in the back of the eye [57].
Nevertheless, for applications such as PS-OCT in samples with strongly varying birefringent fiber
orientations or for many approaches based on single-mode fiber optics, implementations based
on multiple polarization states can provide access to Stokes vector quantification, Jones matrix
characterization, and Müller matrix measurements [15–17,35–38,58–63].

In order to provide measurements of several polarization states, different approaches have been
proposed, only a few of which are described here. By adding a polarization modulator (e.g., an
electrooptic modulator) in the source arm, different input states can be produced in a sequential
manner. In a commonly used scheme depicted in Figure 4c, a consecutive pair of polarization states
corresponding to Stokes vectors perpendicular in a Poincaré sphere representation is generated at the
input of the interferometer. From the polarization states detected at the output of the interferometer,
depth-resolved Stokes vectors can be computed [64,65]. The retardation induced by birefringent
tissue is related to the angle of rotation of Stokes vectors on the Poincaré sphere. By computing this
angle between the Stokes vectors at the sample surface and those within the tissue, cumulative phase
retardation can be computed at any sample position [66,67]. Furthermore, the direction of the optic
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axis can be determined from rotations of the pair of perpendicular Stokes vectors on the Poincaré
sphere [68]. In such dual-input PS-OCT systems, polarization parameters such as retardation, axis
orientation, and diattenuation can also be assessed using the Jones formalism. In this approach, the
measured polarization states in the sample originating from the pair of input polarization states are
used to reconstruct the Jones matrix in every image pixel. An eigenvalue analysis of these measured
Jones matrices enables the calculation of phase retardation and diattenuation [15,16]. The Jones matrix
approach to PS-OCT also enables the measurement of the optic axis orientation [15,16]. Depth-resolved
measurements of the birefringent axis orientation have recently gained interest for mapping the
orientation of birefringent fibers in PS-OCT based tractography of collagenous tissue [69,70].

Alternatively, using a Mach–Zehnder type interferometer, only the polarization state in the sample
arm can be varied [71,72] from one scan to the next. By multiplexing two different states using a
passive polarization delay unit as shown in Figure 4d, the four elements of a Jones matrix can be
measured simultaneously [18,73,74]. In that case, the sample beam is split into two orthogonal input
Jones vectors which travel different path lengths in the sample arm and therefore generate signals at
different depths in the OCT image. These two input vectors provide an orthogonal system and their
response—i.e., the two Jones vectors measured via multiplexing—readily provides a Jones matrix [15].
Jones matrix OCT relates the Jones matrix Jmeas measured at each sample position to a reference matrix
(e.g., Jsur f ace at the surface of the sample), thereby yielding a unitary transformation of the sample
matrix Jsample [15,16,75]

J̃sample = Jmeas J−1
sur f ace. (9)

Here the tilde denotes the unitary transformation. From J̃sample, the polarization properties
can be computed. As such, Jones matrix PS-OCT can not only measure phase retardation but
also diattenuation [15], local birefringence [16], and local optic axis orientation [76]. Compared to
cumulative retardation measurements, local measurements of birefringent properties provide a more
intuitive approach to tissue architecture and composition. For instance, in collagenous tissue such as
skin, local birefringence can be used for the depth-resolved assessment of the collagen content [77,78].
Different applications of birefringence imaging of collagen in healthy and diseased tissues will be
discussed in Section 3.

2.5. Recent Advances in PS-OCT Technology

The development of PS-OCT has greatly advanced since Hee and coworkers first presented
birefringence-sensitive ranging [13]. Not only have PS-OCT devices become faster and the detection
schemes become more sophisticated, as briefly described in the previous section, but also the analysis
of PS-OCT images has improved a lot.

The first PS-OCT prototypes provided axial scan rates on the order of several hertz [8,13,14].
Later rapid reference scanning schemes [79,80] and advanced beam scanning approaches such as
transverse-scanning PS-OCT [40] sped up the technique to several frames (B-scans) per second. The
advent of Fourier domain OCT (or: frequency domain OCT), which computes A-scan signals by a
Fourier transform of the interference spectrum, provided a huge increase in detection sensitivity and
the possibility to scan even faster since no more mechanical reference mirror movement was required
to perform depth scanning [5,81–83]. First high-speed PS-OCT systems with spectrometer-based
detection provided scan rates of several tens of A-scans per second [41,68]. These spectral domain
(SD) PS-OCT prototypes employed two spectrometer cameras, one for each orthogonal polarization
channel. In order to reduce system complexity, cost, and alignment efforts, SD PS-OCT approaches
based on single camera detection were developed [42,49,84–89].

Fourier domain OCT can also be performed by using a frequency-swept laser and a high-speed
detector, such that interference spectra are acquired as a function of time rather than in parallel with a
spectrometer [90–92]. This variant of OCT is usually called swept-source (SS) OCT and sometimes
also referred to as optical frequency domain imaging (OFDI) or time-encoded frequency domain OCT.
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Providing the same sensitivity and speed advantages as spectrometer-based Fourier domain OCT,
SS-OCT was soon expanded by polarization sensitivity [47,71,75,93–97]. In particular the advent of
commercial laser technology providing longer imaging ranges led to the development of PS-OCT
at ultrahigh imaging speeds of 100,000 axial scans per second [18,54,73,74,98]. Even higher imaging
speeds were achieved by experimental swept lasers operating at several hundred kilohertz [50,99–102].

While PS-OCT technology has greatly advanced, there are still some limitations to the technique.
Being an optical method, its applicability is limited to imaging of superficial locations in tissues
and other objects. Further, PS-OCT has been used for qualitative imaging mostly; the exploitation
of quantitative measurements however bears great potential for diagnostics and other applications,
as will be demonstrated in the next sections. PS-OCT was also combined with other functional
OCT extensions such as Doppler OCT or OCT angiography [30,68,80,103–105]. Such combinations
may not only improve the contrast for vascular tissue components but also provide additional,
complementary insight into disease patterns [30,103,105,106]. In order to perform PS-OCT beneath
the body surface, endoscopic and needle-based PS-OCT was developed [28,29,107–112]. To further
increase the contrast and image range, PS-OCT has been combined with other technologies such as
ultrasound and fluorescence imaging [113,114].

In parallel to the impressive evolution of PS-OCT hardware, PS-OCT image processing also
underwent massive improvements. Real-time display of PS-OCT data was enabled by parallel
computing [115]. Computational methods were devised for removing polarization artifacts in order
to produce clearer PS-OCT images [21,27–29,57,116,117]. As PS-OCT is an interferometric technique
based on coherent light, images are subject to speckling which sometimes obscures structural details.
The size of speckles can be kept small by using broadband light sources and optics providing high
transverse resolution [46,118]. In image processing, speckle noise can be reduced by image averaging
and dedicated algorithms [119,120]. PS-OCT also enables the segmentation of structures based on
common polarization properties and the determination of interfaces between different tissue segments
based on changing polarization properties. Segmentation and image feature assessment was developed
based on depolarization [20,103,121–125] and birefringence [98,116,126–129]. Practical examples of
PS-OCT applications will be shown in the following sections.

3. PS-OCT Applications

3.1. PS-OCT in the Eye

OCT is most established in ophthalmology, where it has become a standard diagnostic method in
everyday clinical routine [130]. Also PS-OCT has been successfully applied for ophthalmic imaging
using experimental prototypes [131]. The eye features a variety of tissues exhibiting birefringence or
depolarization, which enable PS-OCT to provide additional contrast for discerning, segmenting, and
quantifying ocular structures. Birefringence can be found in fibrous tissues such as the retinal nerve
fiber layer (RNFL), the sclera (i.e., the white outer shell of the eye), the cornea, as well as in extraorbital
muscles and tendons. Depolarization is pronounced in structures containing melanin pigments such
as the retinal pigment epithelium (RPE), the choroid, and the pigment epithelium of the iris. Other
structures such as the photoreceptor layer, conjunctive tissue, and the stroma of the iris are rather
polarization preserving and do not markedly influence the polarization state of light.

The RNFL consists of the axons of the retinal ganglion cells. Since the RNFL is damaged in
glaucoma—the second leading cause of blindness worldwide [132]—and since RNFL birefringence
is connected to layer integrity [133,134], the polarization properties of the RNFL were investigated
as potential diagnostic markers for glaucoma. PS-OCT based assessment of the RNFL’s birefringent
properties might be particularly interesting since it was shown that polarization changes in
experimental glaucoma can be observed earlier than RNFL thickness changes [135]. Peripapillary
RNFL thickness is currently a key OCT parameter for glaucoma diagnostics in state-of-the-art clinical
routine [136]. In the vein of earlier scanning laser polarimetry approaches [137–139], PS-OCT was

14



Appl. Sci. 2017, 7, 474

applied to investigate the RNFL using PS-OCT. After initial experiments in the primate retina [140],
RNFL birefringence was measured in vivo in the human eye by performing circular scans around
the optic nerve head [79,141]. Faster Fourier domain PS-OCT later enabled 2D mapping of RNFL
birefringence and retardation as well as comparisons to scanning laser polarimetry [18,73,142–145].
Exemplary PS-OCT fundus images mapping reflectivity and RNFL retardation in a human eye are
shown in Figure 5. Also in preclinical research, PS-OCT was used to investigate the birefringence
properties of the RNFL and their relation to the intraocular pressure, which is an important parameter
for glaucoma, in animals [135,146–148]. Aside from measuring their birefringence, PS-OCT was also
demonstrated for tracing nerve fiber bundles in the RNFL [149].

PS-OCT images of the human retina exhibit strong depolarization in pigmented structures such
as the RPE [150,151]. In the RPE, this depolarization is most pronounced around the fovea [152] and
correlates with the pigmentation status, i.e., it is reduced or even absent in albino patients [25,153].
Comparative measurements of PS-OCT and histology in rat eyes have revealed a correlation between
DOPU and the density of melanin pigments in the RPE and choroid (Figure 5e) [26]. Depolarization
has proven a particularly useful contrast for the assessment of the RPE in clinical cases, where it is often
hard to distinguish ocular structures in pathological eyes [20,103,154,155]. Based on DOPU images,
algorithms were developed to assess areas and volumes of lesions quantitatively [121]. In age-related
macular degeneration (AMD), PS-OCT was not only used to distinguish drusen characteristics but
also to quantify the area and volume of drusen during disease progression (Figure 5f–h) [122,124,156].
In late stage non-exudative (dry) AMD, PS-OCT enables the assessment of atrophic areas lacking RPE
(Figure 5a–d) [121,157,158]. In exudative diseases such as wet AMD, central serous chorioretinopathy,
and diabetic macular edema, PS-OCT was demonstrated for imaging and identifying fibrotic scars,
hard exudates, as well as pigment epithelial features [123,159–162]. Finally, PS-OCT also proved useful
to enhance contrast for imaging pathologic structures in less common retinal diseases such as macular
telangiectasia and Stargardt disease [163,164].

PS-OCT of the anterior eye markedly improves the contrast for birefringent, collagenous tissues
such as the cornea, sclera, and tendons as well as for the trabecular meshwork [40,84,94,127]. The
additional contrast has been exploited for automated, feature-based tissue discrimination [126].
Substantial changes in the birefringent appearance of the cornea can be observed in keratoconus as
shown in Figure 6a–e, such that PS-OCT was proposed as a diagnostic method for this disease [128,165].
Since corneal birefringence depends on the microstructure, PS-OCT was also proposed for imaging
changes during corneal crosslinking therapy [166]. After trabeculectomy, which is a surgical procedure
for glaucoma treatment, the evolution of filtering blebs was monitored by PS-OCT (Figure 6f) [167–169].
In the sclera, PS-OCT was used to image necrotizing scleritis [170] and to study birefringence changes
related to increased intraocular pressure [148,171].
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Figure 5. PS-OCT in the posterior eye. (a–d) PS-OCT of a patient with late-stage AMD (adapted with
permission from [120], Optical Society of America, 2014). (a) Reflectivity B-scan; (b) DOPU B-scan
(color map: 0–1); (c) Depolarization in the retinal pigment epithelium (RPE, red) and choroid (green)
overlaid on reflectivity image; (d) Fundus map indicating thickness of depolarizing pixels at the level
of the RPE; (e) Relation of DOPU and melanin density assessed by histology in RPE/choroid of rat
eyes (adapted with permission from [26], ARVO, 2015). (f,g) PS-OCT based layer segmentation in an
AMD patient with drusen (adapted with permission from [121], SPIE, 2010). (f) Reflectivity B-scan with
segmented inner limiting membrane (blue), RPE (red), and Bruch’s membrane (green). Drusen can
be observed as bumpy elevations of the retina at the RPE level; (g) Drusen thickness map; (h) Drusen
characteristics assessed by PS-OCT (courtesy by Dr. F. G. Schlanitz, Medical University of Vienna,
Austria). Depolarizing pixels are marked in red. (i,j) Birefringence in the retinal nerve fiber layer
(RNFL) imaged by PS-OCT (adapted with permission from [18], Optical Society of America, 2014).
(i) Fundus reflectivity map; (j) Fundus map showing increased phase retardation caused by the RNFL
around the optic nerve head and by Henle’s fibers around the fovea.
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Figure 6. PS-OCT of the anterior eye. (a–e) PS-OCT of the cornea of a keratoconus patient (adapted with
permission from [165], ARVO, 2007). (a) PS-OCT en-face image showing retardation at the posterior
surface of the cornea. The red lines indicate the locations of the B-scans shown in (b–e); (b,c) Horizontal
and vertical reflectivity B-scan images. Decreased corneal thickness can be observed in the center;
(d,e) Corresponding retardation B-scans exhibiting irregular pattern. (f) PS-OCT of blebs in the anterior
eye after glaucoma surgery (adapted with permission from [167], ARVO, 2014). Photographs (red lines
indicate locations of OCT scans), phase retardation and intensity images with PS-OCT at one day, one
week, and one month after surgery. Cases of partial increase of phase retardation after surgery. Arrows
indicate irregular and abnormal phase retardation.

3.2. PS-OCT in Skin and Oropharyngeal Tissue

Since the imaging regime of OCT is usually restricted to superficial layers of scattering structures
(unless special probes such as catheters are used), skin is a preferred candidate for OCT imaging.
Using PS-OCT, dermal layers with different scattering and polarization properties can be observed,
including stratum corneum, dermis, and epidermis (Figure 7) [50,64,172,173]. Oral and laryngeal
tissue have also been imaged by PS-OCT. In the oropharyngeal tract, PS-OCT was demonstrated for
investigating the mucosa of the vocal fold and for detecting lesions in the buccal mucosa based on
increased birefringence [174,175].
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Figure 7. PS-OCT of skin. (a–e) Cross-sectional PS-OCT image of human skin (adapted with permission
from [176], Optical Society of America, 2013). (a) Scan location at the proximal interphalangeal joint of
middle finger; (b) Reflectivity image. SC stratum corneum, D dermis, ED epidermis; (c) Retardation
image. CLS “column” like structure; (d) Axis orientation image; (e) DOPU image. (f–j) Birefringence
and vascular imaging of a hypertrophic scar and adjacent normal skin (adapted with permission
from [106], P. Gong, 2014). (f) Photograph. Locations of PS-OCT scans are indicated by two blue
squares; (g,h) Vasculature maximum intensity projections of the normal skin and scar, respectively;
(i,j) En face birefringence maps of the normal skin and scar, respectively.

Via dermal birefringence, PS-OCT provides access to tissue alterations caused by deformation,
scarring, and burns [106,177–179]. Figure 7j shows an example of scarred skin exhibiting significantly
higher birefringence than normal skin (Figure 7i). Additionally, wound healing processes including
collagen restoration can be followed with PS-OCT [180,181]. Moreover, Stokes vector based
depolarization imaging can reveal multiple scattering as well as pathological conditions in skin
such as cancer [19,24,58], as will be discussed in the next section.

3.3. PS-OCT in Cancerous Tissue

Cancer alters tissue microstructure. This alteration can change the optical properties of affected
tissues. PS-OCT has been applied for imaging cancerous tissues in several organs. Altered birefringence
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and depolarization characteristics enabled imaging and identification of skin lesions such as basal cell
carcinoma (Figure 8a–d) [24,182,183].

Figure 8. PS-OCT of cancerous tissue. (a–d) PS-OCT of basal cell carcinoma in human skin (adapted
with permission from [24], Optical Society of America, 2016). (a) Reflectance B-scan image. BCC
indicates the basal cell carcinoma tumor position; (b) Linear retardance along the x–y direction;
(c) Linear retardance along the ±45◦ directions; (d) Normalized differential depolarization index
image. Scale bar is 0.5(x) × 0.3(z) mm. (e–j) Needle-based PS-OCT of breast cancer (reproduced
with permission from [112], M. Villiger et al., 2016). Imaging was performed in grade 1 invasive
ductal carcinoma (e–g) and grade 2 invasive ductal carcinoma (h,j). (e,h) Structural intensity (I),
(f,i) overlay of tissue birefringence and intensity (I, Δn), and (g,j) matching histological section stained
with hematoxylin and eosin. Scale bar in (e) is 1 mm and applies to panels (e–j).

Further promising results of PS-OCT based cancer imaging were reported in larynx, ovaries,
and bladder [32,184,185]. Several groups also successfully studied PS-OCT for imaging breast
cancer [112,186,187]. Figure 8 shows exciting results of PS-OCT imaging, which enabled the
differentiation of tumor from surrounding tissue. Using intraoperative scanning of excised tissue or in
situ needle-based imaging (cf. Figure 8e–j), PS-OCT could represent a promising method for reliably
demarking malignant breast tumors, thus reducing the re-excision rate due to positive margins.

3.4. PS-OCT in Muscles, Tendons, Cartilage, and Bone

Tendon was the first biological tissue imaged by PS-OCT [8]. Being collagen-rich structures,
tendons and muscles exhibit strong birefringence, which enables an easy discrimination from
surrounding supportive tissue by PS-OCT.

Since the integrity of collagen is an indicator for structural stability and pathologic state, PS-OCT
was suggested for collagen assessment in tendons and ligaments [189]. Consequently, PS-OCT was
used to visualize the evolution of the collagen fiber alignment via birefringence in tissue-engineered
tendons in response to varying growth environments and to investigate degenerative changes
related to rupture in Achilles tendons [190,191]. Lately, the influence of proteoglycans—which are
essential components of the tendon extracellular matrix associated with tendinopathies—on the optical
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properties of tendons have been studied by PS-OCT [192]. In skeletal muscle of genetically-altered
(mdx) mice, exercise-induced ultrastructural changes were detected by PS-OCT in in vivo animals [193].
Compared to wildtype controls, the highly birefringent properties of skeletal muscles markedly
decreased in mdx mice, thus suggesting a relationship between the degree of birefringence detected
using PS-OCT and the sarcomeric ultrastructure present within skeletal muscle. PS-OCT was also
shown to be capable of detecting muscle necrosis in dystrophic mdx mice [194].

In cartilage, PS-OCT can detect areas of enhanced or reduced birefringence in hyaline cartilage
(mostly composed of type-II collagen) and fibrocartilage (predominantly type-I collagen) related to
degeneration and repair mechanisms [195]. In an in vivo study on human knee joints prior to partial
or total joint replacement treatment, reduced birefringence was found in degenerated cartilage [196].
PS-OCT images of one proximal joint surface of bovine tibia are shown in Figure 9d [188]. PS-OCT
using variable incidence angles was further used to investigate the 3D architecture of the collagen
fiber network in cartilage [197,198]. Due to its high sensitivity to cartilage disorder, PS-OCT proved a
promising tool for imaging cartilage in osteoarthritis in both humans and animal models [199,200].

Figure 9. PS-OCT of tendon and cartilage. (a–c) First published PS-OCT images (adapted with
permission from [8], Optical Society of America, 1997) showing birefringence of bovine tendon. (a) Fresh
tendon; (b) Tendon after exposure to high-power laser irradiation. The banded structure appears
disturbed compared to (a); (c) Color-coded intensity image; (d) PS-OCT optical phase retardation
images at the various sites on a bovine tibia. The banded appearance in retardation images is indicative
of high birefringence in some areas (adapted with permission from [188], G. M. Peavy, 2008).

3.5. PS-OCT in Vessels and Cardiac Tissue

Birefringence of vessel walls is a promising diagnostic parameter for arteriosclerotic vascular
disease accessible by PS-OCT [201]. In atherosclerosis, artery walls locally thicken and may
form atherosclerotic plaque lesions, which may be categorized into stable and unstable (called
vulnerable) plaques. Ex vivo scanning compared to histology as well as catheter based PS-OCT
imaging of atherosclerotic artery walls have revealed altered birefringence patterns in atherosclerotic
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plaques [202–204]. Examples of different plaques imaged by PS-OCT as well as corresponding
histologic images are shown in Figure 10 [205].

Figure 10. PS-OCT of cardiac tissue and vessels. (a–c) PS-OCT images of ex vivo chicken myocardium
(adapted with permission from [14], Optical Society of America, 2001). (a) Intensity image; (b) Phase
retardation image; (c) Image of fast axis distribution. (d–f) 3D visualization of a carotid arterial sample
(adapted with permission from [70], Optical Society of America, 2015). (d) OCT intensity image;
(e) Fiber orientation tractography; (f) Fiber alignment map in the vessel wall. Surface layers were
partly removed in three sections to reveal OCT intensity and fiber orientation/alignment at three
representative depths in the arterial wall. (g–r) PS-OCT images of fibrous plaques (adapted with
permission from [205], Elsevier, 2007). (g–i) OCT intensity images; (j,k) Phase retardation images (scale
range: 0–180◦) showing high birefringence; (l) Retardation image of fibrous plaque showing black
region corresponding to low birefringence below the luminal surface. (m–o) Picrosirius red stained
histology section, showing orange-red fibers (thicker fibers), yellow-green (thinner fibers) and low
collagen content in the plaque under polarized light microscopy, respectively; (p,q) Trichrome-stained
histology images; (r) Corresponding histology section stained for α-smooth muscle actin shows
numerous smooth muscle cells within the fibrous plaque. Scale bars are 500 μm.

Information on the birefringent axis orientation provides access to fiber alignment in fibrous
tissue (Figure 10a–c) [14]. Tractographic PS-OCT imaging was performed in the walls of blood
vessels (Figure 10d–f) and in the mouse heart, thereby revealing fibrous layers with varying fiber
orientations [69,70]. In rabbit hearts, the geometry of the perfusion border zone was investigated using
PS-OCT and tissue clearing [206], and tissue discrimination was enabled by PS-OCT in rat hearts
where decreased birefringence was observed in infarcted hearts [207].

3.6. PS-OCT in Teeth

PS-OCT has been used for imaging dental structures for almost 20 years [208–210]. In teeth,
PS-OCT provides contrast for dentin, enamel, as well as carious lesions. Dentin is a calcified tissue
and is a central component of teeth. On the crown, it is covered by enamel, a highly mineralized
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substance. The apatite crystals in dental enamel are highly ordered and produce negative birefringence.
In contrast, collagen makes dentin positively birefringent. Processes such as demineralization lead to
birefringence changes which can be observed by PS-OCT.

PS-OCT was demonstrated for the assessment of early and advanced demineralization in dentin
as well as in enamel (Figure 11d–e) [211–214]. Ablation of demineralized tooth structures was
monitored by PS-OCT [215]. Demineralization was also investigated in tooth roots [216]. PS-OCT
of enamel treated by CO2 laser irradiation confirmed inhibited demineralization [217]. In particular,
caries—characterized by mineral breakdown of teeth due to bacterial activity—has been an interesting
target for PS-OCT imaging. Caries lesions in various conditions were investigated and their progression
was followed longitudinally [209,210,218–220]. Consequently, also remineralization processes in
enamel and dentin were imaged based on their birefringence [211,221]. Recently, an automated
method for assessing remineralized lesions was developed based on PS-OCT [222].

Figure 11. Dental PS-OCT. (a–c) PS-OCT tomograms of a carious lesion in enamel at the distal surface
of a human molar (adapted with permission from [209], Karger Publishers, 1999). (a) Reflectivity
image; (b) Phase retardation image; (c) Corresponding histologic section. (d–e) PS-OCT and transverse
microradiography (TMR) of tooth demineralization (adapted with permission from [213], John Wiley
and Sons, 2010). (d) PS-OCT image showing the cross-polarized signal; (e) Corresponding TMR. The
area of demineralization has a strong cross-polarized signal in (d) and appears darker in (e).

3.7. PS-OCT in Nerves and Brain

Nerve fibers exhibit birefringence, an optical property that has been exploited for quantitative
measurements in the retinal nerve fiber layer (see Section 3.1). Also nerve fibers in cerebral white
matter or in peripheral nerves may be imaged by PS-OCT based on their birefringence [223].

Aside from neural structures in the central nervous system, peripheral nerves have also been
imaged by PS-OCT. Improved delineation of the sciatic nerve boundaries to muscle and adipose
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tissues as well as quantitative birefringence measurements were enabled by the additional polarization
contrast [224]. In an experimental nerve crush model, decreasing birefringence was observed in parallel
to a loss of myelination (Figure 12a–d) [225]. The prostatic nerves—indiscernible from surrounding
tissue by standard, intensity based OCT—were identified in prostates of rats and humans, thereby
indicating the feasibility of PS-OCT as a method for intrasurgical imaging [226].

In the brain, PS-OCT was not only used to enhance the contrast of birefringent structures but
also to trace white matter structures as shown in Figure 12e–h. PS-OCT based tractography provides
images encoding the orientation of fiber tracts in different colors and can be used to verify diffusion
tensor based MRI tractography images with micrometer scale resolution [51,227–229]. Lately, PS-OCT
was also demonstrated for imaging a hallmark of Alzheimer’s disease, namely neuritic amyloid-beta
plaques as well as amyloidosis in cerebral vasculature [230]. PS-OCT images of birefringent neuritic
plaques are shown in Figure 12i–k.

Figure 12. PS-OCT of neural structures. (a–d) PS-OCT of rat sciatic nerve two weeks post nerve crush
(adapted with permission from [225], B. H. Park, 2015). (a) Intensity image; (b) PS-OCT retardation
image; (c) Plot of average phase retardation per depth computed within the red lines shown in (b);
(d) Histologic image. Toluidine blue staining for assessing the myelination state; (e–h) En face PS-OCT
optic axis orientation maps quantitatively depict in-plane fiber orientations in the medulla (from [229]
with permission by Elsevier). The color wheel shows the orientation values ranging between −90◦

and 90◦. The brightness of colors in the images is determined by the en face retardance values.
(i–k) PS-OCT imaging of neuritic plaques in post mortem cerebral cortex of an Alzheimer’s disease
patient. (i) Rendering of 3D retardation data showing increased retardation in plaques. Color map
range: 7–41◦ (reproduced with permission from [230], B. Baumann et al., 2017). (j) Reflectivity B-scan
image; (k) Retardation B-scan image. The location of one plaque is marked by an orange arrow.
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3.8. Other Applications of PS-OCT

PS-OCT also found applications in biomedical fields other than those discussed in the previous
sections as well as in non-medical fields. One exciting use of PS-OCT is in imaging applications relying
on small particles as exogenous contrast agents. As such, plasmon-resonant nanoparticles like gold
nanostars are popular contrast agents in biophotonic imaging. In order to increase detection sensitivity
for single particles, their polarization-sensitive scattering signal in the near infrared can be modulated
by an external oscillating magnetic field [231]. PS-OCT can be used to detect these dynamic scattering
signals and was demonstrated for depth-resolved viscosity measurements based on the diffusion
of gold nanorods [232]. Based on temporal changes in polarization contrast parameters, a method
for differentiating light scatterers such as cells and gold nanorods was developed [233]. Recently,
PS-OCT based detection of gold nanorods was proposed for detecting nanotopological changes in 3D
tissue models of mammary extracellular matrix and pulmonary mucus (Figure 13d) [234]. Having a
non-invasive imaging technique like PS-OCT for studies of such tissue models may help to interpret
biophysical changes associated with disease progression.

Figure 13. Nonmedical applications of PS-OCT. (a–c) Transversal ultrahigh resolution PS-OCT
images of the resist-wafer interface of a photoresist mold for a micromechanical wheel (adapted with
permission from [235], Optical Society of America, 2006). (a) Intensity image; (b) PS-OCT retardation
image. The arrows indicate highly strained areas at the teeth of the wheel; (c) Orientation of the
slow optic axis (color-coded and displayed as vector-field scaled by the magnitude of the retardation);
(d) Diffusion of gold nanorods (GNRs) in in vitro extracellular matrix models (adapted with permission
from [234], A. Oldenburg,2014). Representative PS-OCT B-scan images showing cross-polarized signal
of fibroblasts in collagen I: Matrigel versus cell seed density and incubation time show how GNRs
provide positive contrast within the matrix between cells, whereas cells appear dark.

Its sensitivity for microstructural changes affecting sample polarization properties along with
its 3D imaging capabilities made PS-OCT also an interesting modality for materials science and
nondestructive testing applications [236]. Using translucent glass-epoxy composite phantoms, the
spatial distribution of mechanical stress was mapped by PS-OCT [237]. Strain mapping by also
exploiting the optic axis orientation in PS-OCT images was demonstrated as a method for charting
the directionality of strained sample areas (Figure 13a–c) [235]. Material dynamics were optically
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investigated by translating measured phase retardation into stress images [238]. Thereby, dynamics
could be studied from the elastic regime over the deformation phase up to fracture.

4. Conclusions

PS-OCT is a versatile functional extension of OCT. As described in the section on the technical
background, only few modifications to the standard OCT layout are necessary for polarization
sensitivity. Of course, more sophisticated setups and advanced analysis methods were also developed.
This review aimed to provide a concise introduction to the basic principles underlying PS-OCT and a
crisp overview of advances in PS-OCT technology development. By highlighting research on state of
the art PS-OCT applications based on the published literature, the obvious potential of this powerful
technique for improved qualitative and quantitative imaging was portrayed. Given the achievements
of the past 20 years discussed here, we are anticipating exciting new technological developments,
advances of applied biomedical imaging, and potential applications in new fields for the next 20 years.
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Featured Application: Optical Coherence Tomography Angiography (OCTA) is a technique for

label-free vascular imaging in fields such as ophthalmology, gastroenterology, cancer biology,

and neuroscience. Here, we discuss advances that relate OCTA more rigorously to underlying

blood physiology and hemodynamics, which promise to make OCTA an even more powerful

quantitative tool.

Abstract: Optical Coherence Tomography Angiography (OCTA) refers to a powerful class of OCT
scanning protocols and algorithms that selectively enhance the imaging of blood vessel lumens,
based mainly on the motion and scattering of red blood cells (RBCs). Though OCTA is widely used
in clinical and basic science applications for visualization of perfused blood vessels, OCTA is still
primarily a qualitative tool. However, more quantitative hemodynamic information would better
delineate disease mechanisms, and potentially improve the sensitivity for detecting early stages of
disease. Here, we take a broader view of OCTA in the context of microvascular hemodynamics and
light scattering. Paying particular attention to the unique challenges presented by capillaries versus
larger supplying and draining vessels, we critically assess opportunities and challenges in making
OCTA a quantitative tool.

Keywords: optical coherence tomography; angiography; scattering; red blood cells; rheology;
imaging; hemodynamics; blood flow

1. Introduction

The microcirculation comprises a network of blood vessels that delivers oxygen and nutrients to
surrounding tissues, removes waste products and heat, and otherwise supports tissue viability [1–3].
Red blood cells (RBCs) are the main carriers of oxygen in blood. “Optical Coherence Tomography
Angiography (OCTA)” is a term for the specialized Optical Coherence Tomography (OCT) scanning
protocols and post-processing algorithms that mainly enhance the motion contrast of red blood
cells (RBCs) in OCT images to selectively highlight these vessels. By enabling the visualization of
cell-perfused vasculature without an exogenous contrast agent, OCT angiography has generated
enormous interest in ophthalmology [4–11], gastroenterology [12,13], cancer biology [14,15], and
neuroscience [16,17] over the past decade. It has been particularly useful in studying diseases
where the microvascular morphology or presence of perfusion changes over time. However, with
few exceptions [18–20], the majority of published studies have used OCT angiography qualitatively,
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primarily as a means of visualization. Here, we review the relevant basic hemodynamic principles,
fundamentals of OCTA, categories of OCTA scanning protocols, and classes of OCTA algorithms.
We argue that a rigorous and model-based relationship between hemodynamic parameters, light
scattering theory, and measurement observables [21] in OCT angiography will pave the way towards
more quantitative imaging of hemodynamics by OCTA and related methods, with the potential to
enhance all applications.

2. OCTA Fundamentals

A unifying feature of all OCTA algorithms is that they visualize objects that are both moving and
backscattering. Hence, we begin our review with a discussion of hemodynamics and light scattering
properties of blood. Importantly, we distinguish between capillaries (<10 μm in diameter), where
RBCs flow in a line and hematocrits are low, and macrovasculature, where RBCs flow side-by-side
and hematocrits approach systemic levels, with the understanding that non-capillary microvessels
(10–100 μm in diameter) represent an intermediate case between the two extremes discussed here [2,3].

2.1. Hemodynamic Parameters

What are the main hemodynamic parameters that impact observed OCTA signals? In capillaries
(Figure 1A), the RBC flow is single-file, with plasma gaps in between [22,23]. RBC speed
(distance/time), flux (#/time), and linear density (#/distance) are thus primary hemodynamic
parameters in capillaries. Due to the plasma gaps between cells, flux can often be determined
by imaging individual capillaries and counting RBCs traversing a single location [23]. Assuming
single-file capillary flow, microvascular tube hematocrit (Htube), or RBC volume fraction, is related to
linear density (�) by � = HtubeA/VRBC, where VRBC is the red blood cell volume and A is the vessel
cross-sectional area. Capillary tube hematocrit is generally a factor of ~2–3× lower than systemic
levels [24], but hematocrit can vary considerably between capillaries. In macrovessels (Figure 1B),
which include supplying arteries and draining veins, the blood velocity varies across the vessel
cross-section. In contrast to microvessels, macrovascular hematocrit approaches systemic levels of
~40–45% [25]. Flow is typically laminar with some degree of blunting [24], with the largest shear rate,
or velocity gradient, at the edge of the vessel. In macrovessels, RBC velocity or speed (distance/time),
flow rate (volume/time), and hematocrit (volume/volume) are the primary hemodynamic parameters.
All hemodynamic parameters vary over time with respiration and the heartbeat of the subject [24].

Figure 1. (A) Flow in capillaries (microvessels with diameters of <10 μm) is single-file, usually with
highly variable hematocrits that fall below systemic levels; (B) On the other hand, macrovascular
flow often follows a blunted laminar profile at near-systemic hematocrits. Consequently, different
approaches are required to quantify microvascular versus macrovascular hemodynamics via OCTA
(Optical Coherence Tomography Angiography) imaging.

39



Appl. Sci. 2017, 7, 687

2.2. Light Scattering from Red Blood Cells

What are the physical properties of RBCs that enable their detection by OCTA? RBC scattering and
absorption properties derive from the presence of hemoglobin and its complex refractive index [26].
Major absorption bands of hemoglobin, related to the imaginary part of the complex refractive index,
predominate at visible and shorter wavelengths, while hemoglobin absorption becomes negligible at
near-infrared wavelengths, where scattering dominates. The light scattering properties of individual
RBCs are determined by the refractive index contrast with respect to the surrounding plasma, as well
as their shape and size relative to the medium wavelength. The real part of the complex refractive
index, or refractive index, of hemoglobin is larger by ~3–6% relative to the surrounding plasma [26–28].
RBCs are biconcave disks (Figure 2), with a diameter of 6–8 μm and thickness of ~2 μm, although their
shape changes under external stress. Due to the large volume fraction of RBCs and their refractive
index mismatch relative to plasma, RBCs are the main scattering constituent in blood [27,29,30].

Figure 2. Single and multiple scattering in the OCTA of capillaries versus macrovasculature. (A) Blood
has a high scattering anisotropy, leading to a high probability of detecting multiple scattered light
paths; (B) For capillaries, dynamic RBC (red blood cell) forward scattering precedes or follows static
tissue backscattering, which leads to “multiple scattering” tails; (C) In large vessels, the backscattering
cross-section is determined by the shear-induced orientation of RBCs with their flat face parallel to the
shear force. If the vessel lumen exceeds a scattering length, multiple intravascular dynamic scattering
events (green) before detection are likely; (D) Cross-sectional OCT (Optical Coherence Tomography)
angiogram of the mouse brain at 1300 nm (complex interframe subtraction method) with a qualitative
colorbar showing the balance of backscattered light (blue) and multiple scattered light (green) in a
capillary (left) and macrovessel (right).

The scattering properties of both individual RBCs and ensembles of RBCs are important in OCTA.
Due to their irregular shape, the probability of light scattering in a given direction for a particular RBC
depends on both its orientation and the direction of incident light. An ensemble of RBCs with different
orientations can be characterized by a scattering coefficient (μs), the scattering probability per unit
distance; a scattering phase function (P(θ)), the probability of scattering in a given elevation direction
θ per unit solid angle; and a scattering anisotropy (g = E[cos(θ)]), the expectation or average (E[ ]) of
cos(θ) over solid angle. These parameters characterize scattering of whole blood, which comprises an
ensemble volume of RBCs with random orientations. In whole blood, empirically measured g and
μs include dependent and multiple scattering effects [31]. With a hematocrit of around 45%, whole
blood is found to be highly forward scattering between 750 and 950 nm, with a scattering coefficient
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(μs) between 65 and 80 mm−1, and anisotropy (g) between 0.97 and 0.99 [29,32–34]. Exemplary phase
functions [30,32,35] for tissue (Henyey-Greenstein with g = 0.9) and blood (Gegenbauer-Kernel with
g = 0.972 and α = 0.49 [36]) are shown in Figure 2A on a logarithmic scale. Tissue has a higher
probability of back scattering than blood, while blood is considerably more forward scattering.

In OCTA (Figure 2B,C), detected light ideally results from paths with single RBC backscattering
(θ = 180◦) events (blue). However, the high RBC anisotropy (Figure 2A) makes detection of multiple
scattered light (green) likely. Probable light paths can be understood through the principles of radiative
transport. In capillaries, where RBC flow is single-file, light forward scattered from RBCs is also
backscattered from extravascular tissue (Figure 2B), creating axial multiple scattering tails (Figure 2D
left box). In macrovessels, there are two important effects. First, RBCs tend to align their flat face
parallel to the shear force, i.e., facing outwards along the vessel circumference (Figure 2C). The largest
backscattering cross-section occurs when the shortest RBC dimension is aligned with the incident
light. Therefore, the signal is enhanced at the top and bottom of the vessel lumen and reduced at the
side (Figure 2D right box) [37]. At higher shear rates, RBCs elongate and the backscattering pattern
disappears [38]. Second, for vessel lumens larger than a scattering length (1/μs), multiple intravascular
dynamic scattering events (green) can occur before detection.

As OCTA images are created by post-processing OCT data, OCTA has an image penetration
depth comparable to or less than OCT. This is typically ~0.5–1.5 mm in most tissues, depending on the
source wavelength and the sample optical properties [39,40]. It is important to note that while OCTA
visualizes blood vessels, the penetration depth of OCTA may be determined by the attenuation of both
intravascular and extravascular tissue.

3. OCTA Signal

In this section, we provide a unifying framework for the OCT signal to facilitate the discussion
of OCTA algorithms in Section 4. Commonly-used symbols or variables and their definitions are
summarized in Table 1, while other symbols are defined in the text.

Table 1. Symbols or variables used and their meaning.

Symbol Meaning

S Complex OCT signal/field
|S| Amplitude of the OCT signal

I = |S|2 Intensity of the OCT signal
∅ Phase of the OCT signal
Sm OCT field from one scatterer
SV Speckle variance

cmOCT Correlation mapping OCT signal
PV Phase variance
Δ∅ Phase difference
ΔS Complex field difference

CDV Complex differential variance
R Autocorrelation function
P Power spectral density

All standard OCTA algorithms [41,42] start from the complex OCT signal. The complex,
depth-resolved OCT signal can be expressed as:

S(x, z, t) = |S(x, z, t)| exp {i∅(x, z, t)}. (1)

Note that S(x, z, t) is related to the depth-resolved optical field, integrated over a resolution element
(coherence volume). Therefore, the depth-resolved intensity, I(x, z, t), is equivalent to the magnitude
square of the field, i.e., I(x, z, t) = |S(x, z, t)|2. OCTA algorithms may operate on either S(x, z, t),
∅(x, z, t), or I(x, z, t) as the “signal”, and accordingly, can be categorized into complex field-based
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techniques, phase-based techniques, and intensity-based techniques. In its simplest form, OCTA
employs differences between OCT signals at the same spatial position over a series of time points to
highlight scatterer motion. As discussed in Section 2.2, RBCs are the main blood scattering component.
Due to the dynamic motion of RBCs, the overall field, phase, and intensity fluctuate. For the field, these
variations are determined, in a statistical sense, by the first-order field autocorrelation function, r(τ),
in which r(τ) = R(τ)/R(0) and R(τ) = E[S(x, z, t + τ)S∗(x, z, t)], where E[ ] represents expectation
and τ is the time lag. Under some circumstances, all other signal variations, including those of the
intensity and phase, derive their statistical properties from the field autocorrelation [43].

OCT complex signal dynamics are illustrated in Figure 3. The complex signal is treated as a
complex summation of backscattered fields from individual scatterers within the coherence volume.
The coherence volume is defined by the beam waist in the transverse direction and the coherence
length in the axial direction. Changes in the fields from individual scatterers over time leads to changes
in the total signal over time (Figure 3A,B). In many practical situations, scatterers may be further
classified as “dynamic” and “static” depending on whether they move or not, with both scatterer types
contributing to the signal in the same coherence volume (Figure 3C,D).

Figure 3. The motion of scatterers in a coherence volume gives rise to complex field fluctuations
that form the basis for OCTA signals. The contributions to the complex field are shown at two
different points in time (t and t + τ). (A,B) Field fluctuations due to dynamic scatterers in a coherence
volume. (C,D) Field fluctuations due to a combination of static (blue) and dynamic (red) scatterers in a
coherence volume.

The nature of scatterer dynamics plays a major role in determining the OCT signal changes
(Figure 4). Generally, scatterer motion is accompanied by both a Doppler shift and decorrelation [44].
When the scatterer has an axial velocity component, moving towards or away from the incident beam,
the complex field rotates, tracing a helix over time (Figure 4A–C). This effect can be described as a
linear phase shift over time due to the Doppler effect, or a “Doppler phase shift”. When the scatterer is
undergoing a dynamic conformational change, rotation, or translational motion through the coherence
volume, both the OCT signal intensity and phase change randomly (Figure 4D–F). This random change
of the complex field is known as decorrelation. Doppler shifts are associated with a change in the
phase of the complex field autocorrelation, while decorrelation is associated with a decrease in the
magnitude of the complex field autocorrelation, |R(τ)|, with increasing τ.
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Figure 4. The major categories of OCT signal fluctuations are Doppler shifts and decorrelation.
Comparison of complex field, intensity, and phase time courses, for the case of a pure Doppler
shift (A–C) and a Doppler shift with decorrelation (D–F). For a pure Doppler shift, the field traces out
a helical pattern (A), whereas decorrelation introduces random deviations from this pattern (D).

Figure 5. Doppler OCT and OCTA in the mouse brain. (A) Doppler OCT can visualize flow based on
Doppler shifts, caused by motion in the axial direction, towards or away from the probe beam. On the
other hand, OCTA visualizes flow based on decorrelation, usually caused by translational motion
through the coherence volume, as well as Doppler shifts. The overlay of both methods (C) shows that
Doppler OCT is mainly limited to ascending venules or descending arterioles, where Doppler shifts
dominate. On the other hand, OCTA, which is sensitive to decorrelation, more comprehensively shows
vasculature, including regions with predominantly transverse flow. A standard Kasai algorithm was
used on transversally oversampled images for (A) and a complex interframe subtraction method was
used on rapidly acquired repeated cross-sectional images for (B).

Both Doppler shifts and decorrelation are present to varying degrees in all vasculature. Note that
a Doppler shift due to translational axial motion through the coherence volume implies decorrelation.
On the other hand, decorrelation occurs even for transverse motion or rotation, and does not necessarily
imply a Doppler shift. To illustrate this, Figure 5 shows a comparison between Doppler OCT and
OCTA of mouse brain microvasculature. Doppler OCT detects phase changes caused by translational
axial motion [45]. The requirement for axial phase shifts renders Doppler OCT only sensitive to motion
parallel to the incident beam. Doppler shifts predominate in larger microvessels which are ascending
or descending (Figure 5A); hence when used for angiography, the Doppler effect provides only a
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partial microvascular map. By comparison, decorrelation involves random deviations of the complex
field and predominates in vessels with transverse flow. Thus, OCTA, which senses decorrelation via
intensity and/or phase, more comprehensively shows the vasculature (Figure 5B,C).

Finally, it should be noted that the presence of static scattering can significantly alter time courses.
The OCT field, intensity, and phase time courses due to dynamic scattering in the presence of a static
scatterer are shown in Figure 6. As suggested by Figure 3D, the presence of static scattering confines the
field fluctuations to a portion of the complex plane (Figure 6A). As will be discussed in Section 7.1, the
possible presence of static scatterer(s) must be considered in order to recover quantitative information
about the Doppler phase shift or the decorrelation rate in OCTA.

Figure 6. Comparison of complex field (A), intensity (B), and phase (C) time courses when both static
and dynamic scattering are present in a coherence volume (with Doppler shift and decorrelation of the
dynamic component). Such coherence volumes are present at the edges of vessels.

4. OCTA Algorithms

The previous section showed that OCTA signals depend on the type of dynamics (Doppler shift
or decorrelation), the observed parameter (intensity, phase, or field), and the possible presence of static
scattering in the coherence volume. With this discussion in mind, we now present the main classes of
angiography algorithms.

4.1. Intensity- or Amplitude-Based OCTA Algorithms

Intensity-based OCTA algorithms use I(x, z, t) = |S(x, z, t)|2, while amplitude-based OCTA
algorithms use |S(x, z, t)| in Equation (1).

The first class of intensity-based OCTA algorithms is the speckle variance method. Speckle [46]
can be described as the random interference of scattering fields (indexed by m) that cannot be resolved
within a coherence volume:

S(z) = ∑
m

Sm(z), (2)

Sm represents the fields within a coherence volume, each weighted according to the point spread
function at the scatterer location (Figure 3). The intensity (as well as the phase and field) changes over
time as the configuration of scatterers changes, causing decorrelation (Figure 4D–F). Decorrelation
can occur as RBCs pass through a coherence volume, but may also occur due to rotational motion or
diffusion. In 2005, Barton and Stromski showed the feasibility of flow speed measurement without
phase information by evaluating speckle pattern changes [47]. In 2008, Mariampillai et al. [48] used
interframe speckle variance to visualize microcirculation. In [48], speckle variance was defined as:

SV(x, z) =
1
N ∑ (N−1)T

t=0 [I(x, z, t)− I(x, z)]
2
, (3)

where t = 0, T, 2T, . . . , (N − 1)T represents the OCT acquisition time; T is the time interval; N is the
total number of acquisitions at the same position; x and z denote lateral and depth indices, respectively;

and I(x, z) = |S(x, z)|2 is the time-averaged intensity at position (x, z). This is a temporally averaged,
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variance-based algorithm without normalization. By ignoring the phase in Equation (1), the method
is not sensitive to pure Doppler shifts. Consequently, speckle variance is not susceptible to phase
noise. However, the speckle variance method may be compromised due to interframe bulk tissue
motion. While in-plane (xz) motion can be compensated in principle, out-of-plane motion is more
challenging to correct. To minimize motion effects, later in 2010, Mariampillai et al. [49] optimized the
frame number and frame rate for a given level of bulk tissue motion, through maximizing the speckle
variance signal-to-noise ratio (SNR) between a “dynamic” and “static” pixel. Speckle variance SNR is
calculated as:

SVSNR(N, I(x, z)) =
SVdynamic(N, I(x, z))−SVstatic(N, I(x, z))√

σ2
dynamic(N, I(x, z))+σ2

static(N, I(x, z))
, (4)

where I(x, z) is the time-averaged intensity for both “dynamic” and “static” pixels, SVdynamic and
SVstatic are speckle variances calculated from Equation (3), and σ2

dynamic and σ2
static are variances of

SVdynamic and SVstatic, respectively. By optimizing the frame number under conditions of low tissue
bulk motion, capillaries can be reliably detected [49].

As the dynamic tissue signal has a lower temporal correlation, at a given time lag, than static
tissue, correlation has been investigated as a parameter for angiography. In 2011, Enfield et al. [50]
demonstrated in vivo human volar forearm imaging of the capillary density and vessel diameter with
correlation mapping optical coherence tomography (cmOCT). The correlation between OCT frames
acquired at time t and t + T at the same position is:

cmOCT(x, z) =
V

∑
p=0

W

∑
q=0

[I(x + p, z + q, t)− I(t)][I(x + p, z + q, t + T)− I(t + T)]√
[I(x + p, z + q, t)− I(t)]

2
+ [I(x + p, z + q, t + T)− I(t + T)]2

, (5)

where V and W define the extent of the spatial region for correlation calculation, and I(t) denotes the
spatially averaged intensity over this region. This is a spatially averaged, correlation-based algorithm
with normalization. After this calculation, a 2D correlation map can be formed by applying a threshold
to binarize the image into static and dynamic regions. In 2012, Jia et al. [51] proposed split-spectrum
amplitude-decorrelation angiography (SSADA) to image the human macula and optic nerve head.
Ensuring a nearly isotropic coherence volume size by splitting the spectrum to degrade the axial
resolution to equal the transverse resolution, they then applied a method similar to cmOCT.

4.2. Phase-Based OCTA Algorithms

Phase-based OCTA algorithms rely on ∅(x, z, t) in Equation (1) to distinguish dynamic and static
tissue. Doppler OCT, a category of phase-based OCTA, uses a deterministic Doppler phase shift
for in vivo blood flow measurements [52,53]. While Doppler OCT can quantify flow, visualization
applications are limited due to its angle dependence (Figure 5A). For instance, retinal blood vessels are
nearly perpendicular to the optic axis, particularly outside of the optic nerve head, yielding insufficient
phase shifts for Doppler measurements [42]. Power Doppler [54,55] and phase variance imaging [56]
represent alternative approaches that are sensitive to decorrelation, or random non-deterministic
Doppler shifts. In 2007, Fingler et al. [57] proposed phase variance for motion contrast. In [58], the
phase variance at position (x, z) is defined as:

PV(x, z) =
1

N − 1 ∑ (N−2)T
t=0 [Δ∅(x, z, t)− Δ∅(x, z)]

2
. (6)

The phase difference at a given location is given by:

Δ∅(x, z, t) = ∅(x, z, t + T)−∅(x, z, t), (7)
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where T is the time lag. Equation (6) is a temporally averaged, variance-based algorithm without
normalization. Phase-based OCTA algorithms are advantageous over amplitude- and intensity-based
algorithms if phase changes but intensity and amplitude do not. However, phase-based OCTA loses
information about the OCT signal amplitude and intensity. Moreover, phase-based OCTA may not
detect changes in the presence of a large static scattering component. Similar to amplitude- and
intensity-based algorithms, phase-based OCTA is sensitive to decorrelation (Figure 4E,F). However,
as phase is particularly sensitive to axial motion, additional bulk motion phase correction is typically
required. In [57], before phase variance analysis, Fingler et al. removed the bulk motion phase change:

Δ∅corr(x, z, t) = Δ∅(x, z, t)− Δ∅bulk(x, t), (8)

where Δ∅corr(x, z, t) denotes the corrected phase change, and Δ∅bulk(x, t) represents the phase change
due to bulk motion, estimated as:

Δ∅bulk(x, t) = ∑b
z=a [|S(x, z, t)|Δ∅(x, z, t)]

∑b
z=a[|S(x, z, t)|]

(9)

The phase change due to bulk motion is thus calculated by a weighted mean from z = a to z = b in
one A-scan. Note that bulk phase change estimation based on cross-correlation is also possible [16,59].

4.3. Complex Signal-Based OCTA Algorithms

Complex signal-based OCTA algorithms use S(x, z, t), the complex field, which includes both
the intensity/amplitude and phase in Equation (1). As both intensity and phase fluctuations
(Figure 4B,C,E,F) arise from field fluctuations (Figure 4A,D), we assert that the complex field is
more fundamental than either the intensity or phase. In particular, the static component can be readily
handled in the complex domain (Figure 6). Also, unlike intensity-based OCTA, complex signal-based
OCTA is sensitive to slow flow with only phase changes [60]. In 2007, Wang et al. [61] demonstrated
complex signal-based OCT angiography, also called optical microangiography (OMAG), for the first
time, while interframe complex OCTA was introduced later [16,62]. The most basic complex OCTA
algorithm is based on subtraction,

ΔS(x, z, t) = |S(x, z, t + T)− S(x, z, t)|, (10)

where S(x, z, t + T) and S(x, z, t) are complex OCT signals acquired at the same position separated by a
time lag T. This is a difference-based algorithm without normalization. Spatial or temporal averaging
may be applied as needed. This expression may also be generalized as a variance calculation (or
high-pass filter [16]) that eliminates static scattering:

ΔS(x, z) =
1
N

(N−1)T

∑
t=0

|S(x, z, t)− S(x, z)|2. (11)

This is a temporally averaged, variance-based algorithm without normalization. As static and dynamic
scatterer fields add in the complex domain (Figure 6), the above expression correctly eliminates static
scattering to quantify the dynamic scattering signal.

Using a complex signal-based algorithm, several applications of OCTA are demonstrated here.
Figure 7A,B shows OCTA graphing of the mouse brain vasculature in vivo. Longitudinal monitoring
of recovery in the mouse brain, one week after an experimental ischemic stroke, is shown in Figure 7C.
Note the presence of vascular remodeling (yellow arrows). Figure 8 shows OCTA of a rodent
eye in vivo. Figure 9 presents OCTA of pig ear skin, including a cross-sectional intensity image
(Figure 9A), cross-sectional angiogram image (Figure 9B), color-coded angiogram of superficial and
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deep vasculature (Figure 9C), and angiograms centered at different depths (Figure 9D–I). All figures
employ a complex interframe subtraction algorithm for angiography.

Figure 7. OCTA microscopy of the mouse brain enables an assessment of vascular connectivity (A,B)
and longitudinal monitoring of microvascular remodeling (C) one week after distal middle cerebral
artery occlusion (yellow arrow).

 

Figure 8. Ocular OCTA of iris (A), retina (B), and choroid (C). Hessian vesselness enhancement was
applied to retinal and choroidal vasculature before display. Note that the pupil was dilated prior to
OCTA acquisition for (B,C).

In 2014, Nam et al. [63] proposed a complex differential variance (CDV) algorithm. This differential
variance algorithm, applied to the OCT signal at a position (x, z), is:

CDV(x, z) =

√√√√1 − ∑
(N−2)T
t=0 |∑L

k=−L wkS(x, z − k, t)S∗(x, z − k, t + T)|
∑
(N−2)T
t=0 ∑L

k=−L wk
1
2 [I(x, z − k, t) + I(x, z − k, t + T)]

, (12)

where wk is a depth-dependent window function of length 2L + 1. Though it is referred to as a
“variance” method, this algorithm is actually a spatially and temporally averaged, correlation-based
method with normalization (see the discussion of variance versus correlation in Section 4.4).
The correlation is estimated by averaging on a complex basis axially (in z) and a magnitude basis
over time. Also note that the correlation definition is the complex conjugate of that used elsewhere in
this paper, though due to the absolute value operation, this minor discrepancy has no effect on the
final CDV.
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Figure 9. OCTA of the skin on a pig ear. OCT cross-sectional intensity image (A) and angiogram
(B) determined by complex subtraction. (C) Overlay of superficial vessels in the epidermis (red) with
deeper vasculature in the dermis (green). (D–I) Maximum intensity projections centered at different
axial (z) positions relative to the surface.

4.4. Classification of Present OCTA Algorithms

Historically, all of the OCTA algorithms described above were novel at the time they were
introduced. However, with the benefit of hindsight, we propose basic categories to classify OCTA
algorithms in Table 2.

Table 2. Classification of OCTA algorithms.

Category Classification

OCT signal Field vs. Intensity/Amplitude vs. Phase
Calculation Variance/Difference vs. Correlation

Averaging method Temporal vs. Spatial vs. Spectral
Normalization Normalized vs. Non-normalized

The primary distinction between algorithms, discussed in Section 4.1, Section 4.2, Section 4.3,
is the OCT signal(s) employed. The second distinction, which is emphasized in the literature, is
between variance/difference-based methods and correlation-based methods. However, here we argue
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that in some cases, this distinction is meaningless. Difference-based methods are actually estimating
the following:

D(T) = E[|Xt+T−Xt|2], (13)

where D(T) denotes the difference at a time lag of T and Xt can be the OCT field, intensity, or amplitude
at time t. Variance-based methods are estimating the following:

V = E[|Xt−E(Xt)|2]. (14)

On the other hand, the un-normalized autocorrelation is defined as:

R(T) = E[Xt
∗Xt+T]. (15)

Further expanding Equation (13), the difference can be written in terms of the autocorrelation:

D(T) = E[|Xt+T|2] + E[|Xt|2]− 2Re{E[Xt
∗Xt+T]} = 2R(0)− 2Re{R(T)}. (16)

Therefore, difference and correlation methods are very closely connected if R(T) is real. If R(T) is
complex, as would be the case if Xt represented the field and Doppler shifting were present, the
difference D(T) depends only on the real part of R(T). From Equations (14) and (15), it can be readily
shown that R(0) = V if E[Xt] = 0. Thus, every difference method corresponds to an equivalent
correlation method via Equation (16).

The third distinction between algorithms is the way that the expectation, E[ ], is realized in practice.
One method of realizing the expectation is by averaging over time. Another way is by averaging
over space, at different tissue locations. Yet another way is spectral or optical wavelength averaging,
employed in split-spectrum methods [51]. Under the assumption of ergodicity [64], all averaging
methods are asymptotically equivalent, and in practice, all can be used to some degree. However, note
that averaging over one dimension will automatically degrade the resolution in that dimension.

Fourth, OCTA methods can be distinguished by the use of normalization. The normalized
correlation is divided by the signal power, R(0):

r(T) = R(T)/E[|Xt|2] = R(T)/R(0) (17)

For the complex signal, the power R(0) is related to the total scattering within a coherence volume.
In a vessel, this depends on the backscattering cross-section of RBCs (which depends on orientation
according to Section 2.2), and the RBC density (hematocrit). As discussed further in Section 7.1, |R(τ)|
is a monotonically decreasing function under certain conditions, with the decorrelation rate, or rate of
autocorrelation decay, being proportional to speed. As difference methods depend on R(0) and R(T),
there are two regimes to consider in understanding Equation (16). The first is when T is much longer
than the intrinsic decorrelation time. In this case, R(T) � R(0), and D(T) is proportional to the signal
power R(0), typically related to backscattering (RBC density and orientation). If T is on the order of
the intrinsic decorrelation time, the difference D(T) depends on both the signal power R(0) and the
decorrelation rate. In this case, the interpretation of the difference D(T) becomes more ambiguous, and
it can be affected by the signal power or decorrelation rate, which can be impacted by the RBC density,
orientation, and speed. With the normalization in Equation (17), r(T) is more directly related to the rate
of decorrelation, and hence, the RBC speed. However, to rigorously account for the possible presence
of static scattering, measurements at several time lags [18] are required.

5. OCTA Scanning Protocols

The efficiency and sensitivity of OCTA measurements are determined by the OCTA scanning
protocol. At a fundamental level, scanning protocols can be categorized based on whether the analysis
is performed on consecutive A-scans, frames, or volumes. Figure 10 shows the so-called MB-scan,

49



Appl. Sci. 2017, 7, 687

BM-scan and intervolume scanning methods. In Figure 10, the cube represents the imaged object,
and t1, t2, t3 are the first, second, and third OCT scanning time scales, respectively, with t3 > t2 > t1.
Each protocol can be characterized by the time duration for which a single location is observed.

Figure 10. Volumetric OCTA scanning protocols can operate with respect to A-scan (A), frame (B), or
volume (C). A cubic volume is scanned with time scales t1, t2, and t3. Data acquired sequentially along
time scale t3 are shown in red and green. (A) MB-scan: multiple A-scans are obtained at one lateral
position before switching to the next lateral position; (B) BM-scan or interframe scan: multiple B-scans
are obtained at one cross-sectional location before switching to the next location; (C) intervolume scan:
successive scans of the whole volume. Each scan achieves a progressively larger observation time for a
single spatial position (t3 > t2 > t1).

To our knowledge, Fingler et al. [57] were the first to rigorously compare different OCTA scanning
patterns. They compared the MB-scan (Figure 10A) and the BM-scan (Figure 10B), using a phase
contrast algorithm. An M-scan is a repeated zero-dimensional scan at a single position, while a B-scan
is a one-dimensional scan along a single axis. An MB-scan comprises multiple A-scans taken at
one lateral position before switching to the next position (Figure 10A), while a BM-scan comprises
repetitive B-scans taken along the same cross-section (Figure 10B). According to [57], the advantages
and disadvantages of the two scanning methods are described here.

The MB-scan is an extension of Doppler OCT protocols. By increasing N, the number of
A-scans per M-scan, the dynamic range for the measurement increases. However, the MB-scan
is not time-efficient, because the total observation time for a single location is ~t1. Unless the dwell
time is very long, |r(t1)| ~ 1; thus it is challenging to observe decorrelation. However, due to the
rapid repeated sampling of the same position, the MB-scan can sample fast Doppler velocities [57]
without aliasing.

On the contrary, a BM-scan compares consecutive frames, thereby more efficiently utilizing the
total acquisition time. With a BM-scan, the total observation time for a single location is ~t2. In [57],
the BM-scan was able to acquire data 200 times faster than an MB-scan of the same size. Even when
using fast systems, the BM-scan may suffer from aliasing of fast Doppler velocities; however, the
decorrelation rate can be obtained if the interframe time is short enough, i.e., |r(t1)| > 0, and provided
that t2 exceeds the intrinsic decorrelation time.
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In a logical extension of the above two scanning methods, in 2016, Wei et al. [65] proposed a
volumetric optical microangiography method (Figure 10C) which used intervolume OCT scans to
extract dynamic changes. The total observation time for a single location is ~t3. However, in this
volumetric protocol, all information about the decorrelation rate is lost as speckles decorrelate between
volumes (i.e., |r(t2)| ~ 0) for all but the slowest flows. Nevertheless, the volumetric OCTA is likely to
become more prevalent as imaging speeds continue to improve [66].

6. Empirical Validation of OCTA

A major question in quantitative OCTA is the degree to which the measured signals are affected by
the RBC speed versus density or orientation. Several authors have attempted to answer this question
empirically. In 2016, Choi et al. [67] investigated the relationship between OMAG (complex difference
OCTA) signals and capillary flow. They proposed an analytic model that expressed OMAG signals
as a function of time interval between successive B-scan frames, particle speed, and concentration
(the last two determine flux). Based on this model, they performed simulations, as well as phantom
experiments, using microfluidic channels filled with diluted Intralipid solution to model blood vessels.
It was shown that OMAG signal increases with flow speed within a certain range that depends on
the time interval between successive B-scan frames, as expected based on Equation (16). Furthermore,
OMAG signal increased with particle concentration, but was not strictly linear. One limitation of
this study is that the Intralipid solution and blood possess very different scattering properties [68,69].
Su et al. [70] used blood samples in microfluidic channels to demonstrate the relationship between
SSADA decorrelation signal and the flow speed and channel width. They concluded that before
saturation, the decorrelation rate was proportional to the blood flow speed when the channel width
was fixed.

Even if flow velocities, channel widths, and particle/cell concentrations are realistic, controlled ex
vivo experiments are limited in how well they can model the range of phenomena that are present
in vivo. These include effects such as static scattering and multiple scattering involving extravascular
tissue (Figure 2B), RBC orientation and transit deformation, vascular compliance, and cell-endothelium
interactions. So, in vitro experiments may verify algorithms under model conditions, but the model
might only partially capture the range of rheological and hemodynamic phenomena present in vivo.

One proposed in vivo benchmark for OCTA is fluorescence angiography (FA), which is a gold
standard method for perfusion imaging [7,42]. Comparative OCTA-FA studies [7,55] have suggested
that the presence of moving blood cells is a prerequisite for detection by OCTA. The threshold red
blood cell density and speed required for OCTA detection are usually determined by the algorithm
sensitivity. While FA shows plasma perfusion, limited depth resolution and lack of three-dimensional
data and quantitative flow information make FA a less-than-ideal technique for OCTA validation.

The gold standard for single vessel hemodynamic imaging in deep tissue is multiphoton
microscopy (MPM) [71,72]. In the simplest implementation, a fluorescent label is injected into the
bloodstream and volumetric two-photon microscopy (TPM) is performed to acquire an angiogram.
Vakoc et al. [15] showed that OCTA and two-photon microscopy angiogram morphologies correlate
well for vessels larger than capillaries, and that OCTA is not confounded by dye leakage, which
can impair TPM. Aside from morphology, TPM line scans enable red blood cell imaging in
individual capillaries [22], measuring in vivo speed, flux, and linear density quantitatively. In 2012,
Srinivasan et al. [18] performed OCTA and TPM line scans sequentially in the same vessels in vivo,
showing that OCTA decorrelation rate increases with RBC speed measured by TPM. Later in 2014,
Wang et al. [73] validated OMAG (complex difference OCTA) with TPM, finding no significant
difference between the respective vessel densities derived from OMAG and TPM, up to the penetration
depth of TPM.

When comparing OCTA and TPM, it is important to recognize that their contrast mechanisms are
complementary. As OCTA measures RBC scattering and TPM measures plasma tracer fluorescence,
measurements of vessel diameter must disagree in small vessels due to the plasma only, cell-free
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layer [2]. Moreover, typically, OCTA has a worse volumetric resolution than TPM, and asynchrony
in measurements [18] can additionally confound comparisons between modalities unless physiology
is carefully maintained. Thus, rigorous verification of OCTA with simultaneous TPM is a promising
topic for further investigation.

The most appealing and direct validation approach is to use another OCT modality or algorithm
to cross-validate OCTA. In 2012, Ren et al. [74] noticed that the passage of a red blood cell through the
OCT coherence volume led to phase and intensity transients. Based on this insight, they developed a
particle counting method for measuring the flux, speed, and linear density in a capillary. Using particle
counting, they developed and validated a phase intensity mapping (PIM) algorithm for measuring
quantitative cerebral blood flow (CBF) [75]. It remains unclear whether individual red blood cell
passage can be measured at all locations in an image, or whether these results are merely anecdotal.
Moreover, the intensity pattern created by decorrelation can create random transients that could be
easily mistaken for RBC passage (e.g., Figures 4E and 6B). Still, particle counting remains an attractive
approach for validating OCTA in stable preparations.

7. OCTA Measurements of Hemodynamics

Based on dynamic changes in intensity, phase, or complex signal, OCTA algorithms can
distinguish dynamic tissue from static tissue. Thus, while OCTA can answer the question “where is
there flow?”, it cannot yet reliably answer the question “how much flow is there?”. In recent years,
several attempts have been made to further quantify OCTA signals. Many of these efforts are based on
estimating the autocorrelation function. While the autocorrelation function can be estimated, to date,
there is no rigorous theory or model for recovering RBC flow or speed from OCTA signals. Here, we
summarize some promising work towards these goals.

7.1. Flow Quantification

In 2010, Wang et al. [19] made an early effort at providing an autocorrelation model to measure
transverse particle flow speed. Though they focused on intensity transients, here we generalize their
initial work. The basic principle of their model is that when particles pass through the imaging beam,
they create OCT signal transients that may provide information about the speed of the underlying
particles. However, with a large coherence volume, the individual transients may overlap in time.
The complex signal at position (x, z) is expressed as a superposition of particle contributions:

S(x, z, t) = ∑ G(x,z)
k=1 Mk(x, z)REC(x, z, t − tk), (18)

REC(x, z, t) =

{
1, 0 ≤ t ≤ τ0(x, z)
0, otherwise

, (19)

where k is index of the kth particle, G(x, z) is the total number of particles passing through the imaging
beam within the signal acquisition period, Mk(x, z) is the complex amplitude of the kth particle
transient, tk denotes the time when a particle begins to pass through the beam, and τ0(x, z) is the
position-dependent transit time of the particle.

After expressing the complex OCT signal in terms of particle contributions, the normalized
autocorrelation function of S(x, z, t) is given by:

R(x, z, τ)
R(x, z, 0)

=

{
1 − τ

τ0(x,z) , τ ≤ τ0(x, z)

0, τ ≥ τ0(x, z)
, (20)

where R(x, z, τ) is the autocorrelation function of S(x, z, t) with time lag τ. Note that this is equivalent
to the normalized autocorrelation of REC(t). The slope of the normalized autocorrelation function in
Equation (20) is proportional to the transverse speed (~1/τ0). Note that Equation (20) can be further
generalized to accommodate other transient shapes.
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In 2012, Srinivasan et al. [18] proposed an alternative model to relate the autocorrelation to speed.
For small particles undergoing isotropic motion through a coherence volume, they proposed that
the autocorrelation decay is determined by axial and transverse point spread functions, while for
large particles, the spatial characteristics of the particles themselves dominate the autocorrelation as
described above. In [76], for small particles, the autocorrelation function at time lag τ in cylindrical
coordinates (�,ϕ, z) is:

Rd(τ) =
2|K|2
π2w4

�

√√√√ π

(
v2

�

w2
�
+ v2

z
w2

z
)

PA exp

[
− (v�τ)

2

w2
�

− (vzτ)
2

w2
z

]
exp[i(

4πn
λ0

)vzτ], (21)

where w� is the transverse beam profile, wz is the axial resolution, K is an arbitrary complex
constant [77], PA is the power in the random process which describes the field, v is the particle’s
speed, n denotes the refractive index, and λ0 is the central wavelength. The power spectral density, Pd,
derived from the temporal autocorrelation function, is expressed as:
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]. (22)

In the presence of static scattering (Figure 6), the autocorrelation takes the form:

R(τ) = Rd(τ) + Rs(τ), (23)

where Rs(τ) is the autocorrelation of the static component, with a much longer decorrelation time
than the autocorrelation of the dynamic component, Rd(τ). In practice, Rs(τ) is usually constant
over time scales of interest. Aside from the Doppler shift, the un-normalized autocorrelation Rd(τ)

provides two essential observables: the decorrelation rate, which is sensitive to speed, and power (PA),
which is sensitive to the RBC density. Recent work has proposed to quantify OCTA using difference
algorithms measured at several time delays [20,78], providing the ability to measure blood flow speed.
Since difference and correlation algorithms are related by Equation (16), these algorithms essentially
estimate the un-normalized autocorrelation. As highlighted in Equation (23), static scattering, if
present, must also be taken into account in parametric estimations based on the autocorrelation.

Finally, a major limitation of existing models is that they do not account for multiple scattering.
In particular, multiple dynamic scattering events (Figure 2C, green) increase the decorrelation rate
relative to the single scattering models described above, as each dynamic scattering event causes
momentum transfer [79]. In such cases, the decorrelation rate depends on the number of scattering
events, which in turn is impacted by the RBC density. Thus, with multiple intravascular scattering
events, decorrelation rate is not a “pure” metric of speed. Therefore, decorrelation rate is not a good
metric of speed within macrovessels where multiple scattering dominates, but may perform better in
capillaries where hematocrits are lower and singly backscattered light prevails (Figure 2B).

7.2. Hematocrit Quantification

Since OCTA signal depends on the RBC density, can OCTA be used to quantify hematocrit?
The differences in rheology, geometry, and light scattering in capillaries versus macrovessels suggest
different approaches for each. In macrovessels, backscattering or attenuation (signal slope) are possible
observables which may help to determine hematocrit. However, due to the high scattering coefficient
and anisotropy of RBCs, multiple scattering events are very likely, except at superficial path lengths
(Figure 2C,D). In particular, at physiological hematocrits, dependent scattering and shadowing effects
lead to a highly nonlinear relationship between the RBC concentration and scattering coefficient [80,81].
This nonlinear relationship hampers efforts at quantifying hematocrit based on light scattering and
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the signal slope alone. Additionally, the oxygen saturation dependence of hemoglobin refractive
index and RBC scattering further complicate efforts to measure hematocrit based on attenuation [26].
The orientation-dependence of light scattering from RBCs (Figure 2C) makes quantifying hematocrit
from backscattering alone challenging. Thus, quantification is challenging in macrovessels.

The single file flow and relatively lower hematocrit in capillaries makes multiple scattering within
these vessels less problematic. However, RBCs may re-orient themselves and possibly deform as they
squeeze through the smallest diameter capillaries, thereby changing their backscattering cross-sections.
Moreover, measuring backscattering directly would need absolute calibration, which can be difficult
in vivo. However, backscattering may still measure relative changes in the red blood cell content in
capillaries [82] and, possibly, at the surfaces of macrovessels over time. Thus, while quantification of
hematocrit changes is possible in capillaries, absolute measurements of hematocrit with conventional
OCTA are currently challenging.

8. Can OCTA Be Made a Quantitative Tool?

OCTA systems can observe dynamic signal power (variance) and decorrelation rate [19,83],
based on the dynamics of light scattering. As algorithms, imaging system performance, and motion
tracking/compensation continue to improve, OCTA observables, particularly decorrelation rate, can
be precisely and accurately measured. These observables may generate useful diagnostic information,
even if their underlying hemodynamic correlates remain unclear. However, if OCTA observables
can be directly linked to hemodynamic parameters such as blood flow, volume, hematocrit, and
speed, OCTA diagnostics could aid understanding of pathogenesis. This effort requires an appropriate
model to describe OCTA signals. The model may be empirical (Section 6), but ideally, should have a
theoretical foundation (Section 7.1). Current theoretical models are very simple, and only account for
single scattering [18,19,83,84]. Improvements in OCTA theory to include multiple scattering [85] and
orientation effects [37] are needed. Empirical models have been developed for flow phantoms [67], but
they may be limited to in vitro conditions, and their applicability in vivo remains uncertain. Better
in vivo validation experiments, perhaps in well-controlled and stable animal preparations, are needed.
Last, due to differences in light scattering and hemodynamics (Figures 1 and 2), models for capillaries
and macrovessels must be developed independently.

In spite of these proposed efforts, the inherent complexity of the rheology and light transport in
microvasculature may prevent reliable quantification of OCTA. Therefore, we propose that alternative
optical properties (aside from light scattering) may enable more quantitative OCTA. For instance,
visible light OCTA [86] enables direct absorption-based measurements of hemoglobin concentration,
which is expected to correlate well with hematocrit (RBC volume fraction) under most conditions [87].
Yet another way to circumvent the pitfalls of RBC scattering is to introduce an exogenous contrast
agent with more desirable scattering properties into the bloodstream [88]. If a more isotropically
scattering contrast agent such as Intralipid® [89,90] is used, angiograms derived from the contrast agent
signal alone do not suffer from multiple scattering tails [89,90]. Microbubbles [91,92] are promising
for enhancing intravascular scattering signals, and may present more well-defined decorrelation
characteristics than blood. Moreover, if the contrast agent behaves like plasma and the signal can
be calibrated and related to concentration [89,90], plasma flow, transit time, and volume can all
be measured.

9. Conclusions

Despite recent strides in OCTA imaging speed, field-of-view, and measurement of OCTA
observables, OCTA remains a qualitative tool at present. The obstacles to quantification include
the irregular shape of RBCs, the consequent orientation-dependence of RBC backscattering, and the
high anisotropy of the RBC scattering phase function, which leads to multiple scattering in large
vessels. Quantification of OCTA signals can be achieved only through a rigorous understanding
of the relationship between hemodynamics, rheology, and light scattering of RBCs. Improvements
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in theoretical models, validated in microvasculature in vivo against gold standard techniques and
possibly in simulation, may help to improve this understanding. Finally, alternative measurements,
based on absorption or exogenous contrast agents, may help to alleviate some of the confounds
associated with RBC scattering and enhance the quantitative information provided by OCTA.
More quantitative interpretation of OCTA would aid the application of this promising technique
to study pathophysiology, and also potentially enhance the clinical impact of OCTA, making this
endeavor well worth the effort.
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Abstract: Across all medical disciplines, therapeutic interventions are based on previously acquired
diagnostic information. In cariology, which includes the detection and assessment of the disease
“caries” and its lesions, as well as non-invasive to invasive treatment and caries prevention,
visual inspection and radiology are routinely used as diagnostic tools. However, the specificity
and sensitivity of these standard methods are still unsatisfactory and the detection of defects is
often afflicted with a time delay. Numerous novel methods have been developed to improve the
unsatisfactory diagnostic possibilities in this specialized medical field. These newer techniques
have not yet found widespread acceptance in clinical practice, which might be explained by the
generated numerical or color-coded output data that are not self-explanatory. With optical coherence
tomography (OCT), an innovative image-based technique has become available that has considerable
potential in supporting the routine assessment of teeth in the future. The received cross-sectional
images are easy to interpret and can be processed. In recent years, numerous applications of OCT
have been evaluated in cariology beginning with the diagnosis of different defects up to restoration
assessment and their monitoring, or the visualization of individual treatment steps. Based on selected
examples, this overview outlines the possibilities and limitations of this technique in cariology and
restorative dentistry, which pertain to the most clinical relevant fields of dentistry.

Keywords: optical coherence tomography; cariology; caries prevention; caries diagnosis; caries
therapy; restoration assessment; process monitoring; in vitro, ex vivo and in vivo evaluation

1. Introduction

Caries is still the most common chronic disease worldwide. Although prevention is generally
possible, carious lesions are still one of the main reasons for dental treatment. In order to have an
approach to prevent or causally treat caries, a clear diagnosis of the relevant findings in the oral cavity
is necessary. Currently, visual and radiologic inspections are two standard techniques for the clinical
detection, assessment and monitoring of carious lesions and dental restorations [1,2]. Although the
“International Caries Detection and Assessment System” (ICDAS II) has helped to standardize visual
diagnosis [3], the validity and reproducibility of lesion assessment is in need of improvement [4,5].
In particular, very early incipient demineralizations within outer enamel layers remain invisible, or
cannot be correctly assessed, and radiography generally fails (Figures 1 and 2).
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Figure 1. Conformance of visual assessment with optical coherence tomography. (a) Extracted human
premolar with a carious lesion (L) of International Caries Detection and Assessment System (ICDAS II)
Code 1. The lesion is visually detectable only after drying. Marks define the region of interest
(ROI); (b) In the cross-sectional image of the ROI, generated using spectral domain OCT, bright
shadowed spots reveal the lesion area is limited to the first half of the enamel (E); (c) After sectioning,
demineralization can be imaged using dark-field light microscopy (DFLM) corresponding to the lesion
details in the OCT image. D: dentin, EDJ: enamel-dentin junction.

Figure 2. Screenshot, in vivo image of a human incisor. Partial conformance of visual assessment
with OCT. A carious lesion (L) of ICDAS II Code 2 can be detected visually at the air-dried enamel
surface (red arrow). In the SD-OCT B-scan, this lesion appears as a bright shadowed area without
cavitation. Compared to visual assessment, the OCT signal reveals an extended lesion body with
dentin (D) involvement and a mineral-rich and porous surface layer (*). In addition, defects, or cracks
in the enamel (E) are seen to cause shadowing (white arrows). G: gingiva, EDJ: enamel-dentin junction.

Caries is still one of the main reasons for invasive restorative treatment [6]. Today, it is a primary
objective in oral health care to preserve as much of the healthy tooth structure as possible. Therefore,
early non- or minimally-invasive treatment options are becoming more important, thus placing
higher demands on diagnostic tools as it is no longer sufficient to detect already extended carious
lesions or cavitations. Rather, a goal is to recognize lesions, or other defects at their earliest possible
stage, and to assess reproducibly whether they progress or not. Early lesion manifestations could be
stabilized, or remineralization could even be initiated [7–9]. Traditional caries diagnostic methods like
visual-tactile detection and radiography cannot achieve these objectives. X-ray diagnosis, in particular,
has limitations and drawbacks: the exposure to ionizing radiation, the interpretation failures due to
superpositioning effects, and a low sensitivity [10] that hinders the early detection and monitoring
of minor pathological changes. Recently, innovative methods based on fluorescence [11], impedance
spectroscopy, or digital infrared-transillumination have been implemented in caries diagnosis [12].
However, even these techniques were not able to solve the referred challenges and showed deficits
in both sensitivity and specificity [1,13]. Therefore, there is still a medical need for procedures which
could display early caries lesions and their progression. Initial findings concerning OCT suggested
that different expressions of lesions, starting with very early demineralizations, could be detected.
A threshold independent assessment of the validity by ROC analysis is aimed for the future to clarify
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whether a separation between sound and diseased is possible over the entire spectrum of carious
lesions [14].

Furthermore, there is a substantial need for the assessment of dental restorations, which is
technically demanding. Challenges include quality evaluation in terms of material homogeneity
(bubble formation within material or at increments), or the detection of material overhangs at
restoration margins. Currently there are no suitable methods available to enable dentists to self-check
the quality of intermediate steps during restoration placement. Moreover, it is important to have
the possibility to assess the bond at restoration margins and along the tooth-restoration interface,
as well as to detect carious lesions adjacent to restorations (secondary caries) and compare different
restoration materials in clinical trials or in in vitro studies. Today, the in vivo evaluation of marginal
integrity can only be performed visually [15,16] and by a sensitive technique with a time-consuming
quantitative margin analysis using scanning electron microscopy (SEM) [17]. However, the detection
of early lesions adjacent to restorations is still a challenge [1].

Against the background of these demands, optical coherence tomography seems to be a promising
technique. The method, which is based on low coherence interferometry, was first presented by
Huang et al. [18]. In medicine, OCT is currently primarily used in ophthalmology for evaluating the
pathological changes in retinal layers and the optic nerve [19–22]. Further applications are found in
dermatology [23,24] and cardiology [25]. The first images of human dental tissues were presented by
Colston et al. [26,27] and Feldchtein et al. [28]. Since then, the number of studies using OCT have
increased markedly [29,30]. Seven features which make it particularly suitable for clinical application
are non-invasive action avoiding radiation-induced tissue damage; easy to understand cross-sectional
and 3D-images of soft and hard tissues; as well as defects at a very early stage with high spatial
resolution. Structural changes can be obtained qualitatively as well as quantitatively. In particular,
high speed data acquisition allows real-time imaging in vitro, ex vivo and in vivo [9,30].

Although OCT has been widely used in dental research, it nevertheless stands at the beginning
of its application career. Numerous functional OCT systems [31,32], methodological extensions
(e.g., polarization sensitive OCT [10]), as well as evaluation methods have been described [31–33], and
also show the potential of this technology in characterizing specific material characteristics [33], or to
improve the optical performance of the method, such as detection sensitivity or depth penetration [31,34].
This review presents applications of optical coherence tomography in the field of cariology, which
includes subsections on caries prevention, detection, and assessment of carious lesions, as well
as caries therapy. Particular focus is placed on restoration assessment and monitoring of the
tooth-restoration bond.

2. Optical Coherence Tomography—The Methods

In biomedical and clinical research, the Fourier-domain optical coherence tomography
(FD-OCT) is the technique currently applied and has two approaches: swept source OCT (SS-OCT)
and the spectrometer-based system (spectral domain OCT, SD-OCT). Both approaches, which are based
on low-coherence interferometry, have been well described in numerous publications [8,26,31,32,35].
The light from the source is split into a sample and a reference arm (Michelson interferometer
configuration). The back reflected light from the sample (sample arm) and the reference mirror
interfere with each other, and the resulting signal (spectrum) is then recorded by the detector.

In contrast, SS-OCT uses a frequency sweeping laser source combined with a photo diode; and
SD-OCT applies a wideband laser source in combination with a spectrometer to split the interference
signal into single wavelengths. After Fourier transform of the signal, a depth profile of backscattering
along a perpendicular line to the object surface is generated (A-scan). The point-by-point scanning of
the OCT beam across the sample produces 2D cross-sectional images (B-scans), and the line-by-line
scanning generates a series of 2D images from which 3D image stacks can be created (Figure 3).
OCT enables images to be generated from the different absorption and scattering of light of various
material components in hard and soft tissues. Image contrast arises in areas with structures of different
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refractive index and light absorption, such as tooth-restoration interfaces, gaps, bubbles, material
cracks, or porous areas in carious lesions [8,29,31].

Figure 3. SD-OCT imaging (2D, 3D) of an extracted human premolar restored with composite (C). FOV:
field of view, E: enamel, D: dentin, EDJ: enamel-dentin junction.

The scenarios presented in this article are based on both SS- and SD-OCT. The techniques
produce images non-invasively and at high-speed, allowing real-time imaging, and provide high axial
and lateral resolution in the micrometer range. Dental structures and restorations can be imaged
up to a depth of 2–2.5 mm thanks to the translucency and specific refractive indices of dental
hard tissues (ndentin: 1.48–1.80; nenamel: 1.45–1.61, own measurements) and composite restoration
materials (ncomposite: 1.42–1.63, own readings) in the range 1325 nm of near infrared light. In this
wavelength range the transparency of enamel is highest [31] with high axial resolution at the same
time. The refractive indices of lesions vary widely depending on the demineralization degree such as
the values of natural carious enamel lesions. Usually these exceeded the values of the adjacent sound
enamel up to +16% (own data).

The following setups were used in our lab:
SD-OCT: TELESTO SP II or SP 5, Thorlabs GmbH, Dachau, Germany (Figure 4a).
Recording parameters in vitro, ex vivo and in vivo were: center wavelength 1310 ± 107 nm;

sensitivity ≤106 dB; axial/lateral resolution <7.5 (air)/15 μm; field of view maximum 9 mm × 9 mm
× 3.5 mm (air, pixel size 700 × 700 × 512 or 1024); imaging speed 76/91 kHz (in vivo) or 48–91 kHz
(in vitro, ex vivo); A-Scan average 1 (in vivo) or 1–5 (in vitro, ex vivo); spot size 20 μm; and power on
sample 3 mW.

SS-OCT: SS-OCT, OCS 1300SS, Thorlabs Inc., Newton, NJ, USA (Figure 4b).
The parameters of the OCT equipment in vitro, ex vivo and in vivo were: center wavelength

1325 ± 100 nm; sensitivity 100 dB; axial/lateral resolution 12 (air)/25 μm; field of view maximum
10 mm × 10 mm × 3 mm (pixel size 512 × 512 × 512); imaging speed 16 kHz; A-Scan average 1; and
power on sample 4.5 mW.

In vitro/ex vivo studies: OCT signals were verified within a predefined region of interest (ROI)
by comparison with corresponding X-ray microtomography images (μCT, Skyscan 1172-100-50, Bruker
MicroCT, Kontich, Belgium); and after sectioning specimens with images from the reference methods
transverse microradiography (TMR, PW 3830/40, Philips, Amsterdam, The Netherlands); scanning
electron microscopy (SEM, 5 kV, Phenom, Phenom World, Eindhoven, The Netherlands); spinning disc
confocal laser microscopy (SDCM, Smartproof 5, Carl Zeiss Microscopy, Oberkochen Germany); and
different modes of light microscopy.
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In vitro/ex vivo studies were performed on extracted human teeth. The teeth were sound or
had caries lesions, were unrestored or restored with composite. The focus on the specimen was set
on a ROI and the surface was dried using a cotton pellet to leave it moist with no visible water
droplets (controlled hydrated condition). 2D cross-sectional images of the ROI and 3D image stacks
were recorded and images processed (ImageJ from version 1.45S; Wayne Rasband, NIH, Bethesda,
MD, USA).

In vivo studies: Because of the geometric dimensions of the probes (diameter 34 mm, working
distance about 42 mm), the imaging was limited to vestibular smooth surfaces of incisors, canines
and premolars, after restorations and tooth surfaces were cleaned. The handheld and mechanically
stabilized scanning probe was positioned at a rough right-angle to the restoration surface (Figure 4c).
The restoration area was brought into focus and within 6 s, 2D cross-sectional images and 3D image
stacks were generated and processed (ImageJ from version 1.45S).

Figure 4. (a) SD-OCT Telesto SP II; and (b) SSOCT OCS1300SS; (c) In vivo imaging of vestibular smooth
surfaces of incisors, canines and premolars with the handheld and mechanically stabilized scanning
probe (P).

The studies were conducted in accordance with the Declaration of Helsinki, and the protocols
were approved by the Ethics Committee of the University of Leipzig. The extracted teeth were used
with patients’ approvals (informed consents, protocol no. 299-10-04102010), and all subjects gave
their informed consent for inclusion before they participated in the study (protocols no. 087/2003,
131-11-18042011, 196-14-14042014, 294-15-13072015).

With OCT, in vivo imaging is a challenge if dental hard tissues (enamel, dentin), which induce
more scattering and containing less water, are to be displayed together with soft tissues (gingiva,
pulp), which contain more water. The optical properties of these tissues, such as light scattering and
absorption, are very diverse and also vary with imaging wavelength. One limitation of OCT is the
shallow penetration depth, caused by signal attenuation due to scattering and absorption. Depth
penetration can be enhanced by optimizing the center wavelength. In particular, in the presence of
structures such as carious lesions which induce increased scattering, multiple scattering can further
reduce imaging quality at deeper penetration depths. As well as the technical parameters of the OCT
equipment, the center wavelength of the light source and the optical bandwidth are key determinants
for axial resolution. For soft and hard tissues, there are characteristic dependences of wavelength of
OCT signal attenuation [36]. Some authors suggested that an imaging window at 1700 nm offers an
advantage over shorter wavelengths by increasing penetration depth as well as enhancing the image
contrast at deeper penetration depths by reducing multiple scattering [37]. For biological tissues, it is
expected an increase in OCT imaging depth at 1600 nm compared to 1300 nm on samples with high
scattering power and low water content (enamel) [38]. Otherwise at longer wavelengths, absorption
increases with greater water content, which has a counterbalancing effect [37]. Also, as in the case
of enamel, transparency is higher at 1300 nm than at 1600 nm. In general, however, axial resolution
decreases with increasing imaging wavelength. On a human tooth in the range 1060 nm–1700 nm,
this effect clearly manifested for enamel and dentin, whereas image contrast and imaging depth
were enhanced at 1700 nm [36]. It was observed that there was more variation in the wavelength
dependence of total signal attenuation in enamel than in dentine. For OCT users, a high axial resolution
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in particular, plus adequate image contrast and penetration depth are essential parameters. Against
this background and considering object-specific characteristics, the center wavelength, bandwidth and
optics must be adjusted so that the advantages outweigh the drawbacks.

3. Applications of OCT

3.1. Caries Diagnosis

Today the big challenge in caries diagnosis is the detection of very early stages of demineralization,
especially in enamel [12,39]. Effective caries management presupposes that these early lesions
(represented by porous areas very different in extension) can be reliably recorded. On smooth tooth
surfaces, beginning demineralizations can be detected visually as white spot lesions on dried enamel
surfaces (ICDAS II Code 1, Figure 1) [3,40], which are a common complication during treatment
with fixed orthodontic appliances [41]. At this stage, the subsurface enamel porosity can be stopped
or reversed using appropriate non- or minimally invasive therapies and biofilm control [8]. White
spot lesions appear whitish as the incident light is backscattered off porous regions to a considerable
extent [29,39]. OCT makes use of the same phenomenon. In contrast to the clinical detection solely
at the surface, OCT can image structures up to a depth of 2.5 mm and might therefore be a useful
supplement to the visual-tactile assessment of tooth surfaces (ICDAS II) and radiography. More
reliable differentiation between the really early lesion signs (ICDAS II Codes 0–2) might become
possible, irrespective of existing color changes or surface moisture (Figures 1 and 2). Unlike other
diagnostic methods, cross-sectional OCT images can present the axial and lateral extension of different
demineralized zones (Figure 5).

Figure 5. (a) Extracted human molar. A carious lesion (ICDAS-II Code 2) without cavitation, but
with involvement of dentin (D); (b–d) Using different positions or angles, SS-OCT cross-sectional
images reveal bright areas (signals) indicating the extension of the lesion (white arrows) and to detect
further tissue destructions like enamel cracks ((e), red arrows, *), which are primarily invisible in light
microscopy. EDJ: enamel–dentin junction.

In vitro studies showed an adequate to strong agreement, when SS- or SD-OCT were compared
to histology [29,42,43], confocal microscopy, X-ray microtomography, or transverse microradiography
and a diagnostic superiority compared to bitewing radiography [44] (Figures 1, 2 and 5–11 and 14).
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Figure 6. Extracted human premolar with a carious lesion (L) of ICDAS II Code 1. (a) ROI; (b) The
demineralization within the ROI (white arrow) is equally imaged by dark-field light microscopy
(DFLM); (c) spinning-disc confocal microscopy (SDCM); (d) X-ray microtomography (μCT); as well as
(e) SD-OCT. E: enamel, D: dentin, EDJ: enamel-dentin-junction.

Figure 7. (a) Extracted human molar with occlusal caries (ICDAS II Code 2); (b) In the histological
section through ROI, lesions (white arrows) and enamel cracks (yellow arrows) appear; (c) In the
conventional digital radiograph no defects or lesions are visible; (d) Bright signals in the OCT image
of the ROI demonstrate caries lesions (white arrows) and enamel cracking (yellow arrow). E: enamel;
D: dentin.

Image contrast and the spatial separation of the lesion body versus sound enamel can be further
enhanced using polarization-sensitive OCT [45]. Additionally, variation of the imaging beam angle
by using different positions of the OCT probe can improve the detectability of non-cavitated occlusal
carious lesions (Figure 8). The sensitivity of the method can be increased among others by increasing
the integration time (A-scan rate) or using coupling media [46] to minimize surface reflections, which
can also contribute to enhance the image contrast (Figure 9).
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Figure 8. Extracted human molar with occlusal carious lesions without cavitation (L, arrow). (a)
μCT image of a ROI as reference; (b) Bright signals show extended lesion areas (arrows); (c) The
varying of the OCT probe angle provides increased OCT signals and additional information about
dentin involvement.

Figure 9. Extracted human molar with occlusal carious lesions without cavitation (L). (a) μCT image
of ROI. After application of glycerin gel signal-to-noise ratio in the SD-OCT cross-sectional image
(c) can be improved towards the image (b) (without glycerine, white arrows) leading to an adequate
conformance of μCT with OCT.

The International Caries Detection and Assessment System in combination with radiography is
insensitive to early caries detection. This has been confirmed by a number of the authors’ own OCT
evaluations of apparently sound enamel surfaces (ICDAS II Code 0), particularly in cross-sectional
OCT images where early stages of decay can often be detected without any clinical findings (Figures 10
and 11).

Figure 10. Extracted human canine. There is no conformance of visual assessment with OCT. Visual
inspection of the dry smooth surface does not reveal signs of an early-stage carious lesion (L). In contrast,
the 3D SD-OCT cross-sectional image of the ROI showed a distinct bright area (L) within the first
quarter of enamel (E) with a shadow underneath. The lesion can be confirmed using light microscopy
(LM). The A-scan of the position marked in the OCT-image shows the depth profile of the demineralized
zone in the enamel surface (A-Scan average 5, additional signal median averaging 6). * grey scale
between demineralized and healthy region.
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Figure 11. Extracted human premolar with early proximal demineralizations. There is a partial match
of the visual and OCT assessment. (a) Hardly visible on wet enamel, the early demineralization (1)
could also be seen on the dry surface (b); (c–f) SD-OCT reveals a clinically invisible demineralization in
the outer enamel zone (*); (c,d) The OCT images reveal a bright signal in position 1 (L, shadow); (e) The
OCT of the wet surface shows an early demineralization in position 2 of image (b); (f) After air drying,
an additional signal arises in position 3. Visually both lesions are invisible (a,b). With the knowledge
of the OCT images, at points 2 and 3, slight opacities could also be anticipated on the images (a,b).
The A-scans (average 5) of the marked positions 1 and 2 in the OCT-images demonstrate the depth
profiles of the demineralized zones of the enamel surface. Δ grey scales between demineralized and
healthy region.

Another highly relevant scenario in need of diagnostic information is the field of restoration
assessment. In Figure 12, a clinical case of a discolored restoration margin gap is shown. However, it
could be seen that discoloration at margins of composite restorations is not an indicator for deeper
interfacial gap formations. OCT allows the identification of weak spots in the composite restorations
and the differentiation of the findings associated with discolorations. If a carious lesion is detected, the
treatment depends on its longitudinal stability. If progression is identified, treatment will be related to
the extent of the lesion and speed of progression (activity).

Today, there is no single method that can be considered the gold standard for imaging the
morphology of the hard tooth tissue while simultaneously assessing the longitudinal activity of a
carious lesion. Quantitative light-induced fluorescence (QLF) is known as an imaging technique with
the option to visualize present bacterial activity in carious lesions [11,47]. The method is based on
autofluorescence of tooth hard tissues and quantifies the autofluorescence difference between sound
and carious (pathogenic) enamel. This difference results from the decrease of autofluorescence with
increasing porosity of progressing subsurface enamel lesions [48]. With the QLF-D Biluminator™
2 (Inspektor Research Systems bv, Amsterdam, The Netherlands), a tool becomes available that
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makes it possible to additionally image and quantify the red fluorescence of oral bacteria induced
by various porphyrin species as products of anaerobic bacterial metabolism. Thus, detection of low
porphyrin concentrations would be an indicator of early stage caries formation [49]. Now, OCT,
contrary to histopathological assessment, can provide submicrometer resolved tomographic images
of tissues in vivo. We hypothesized that the combination of both imaging techniques would be
beneficial as the three-dimensional lesion morphology could be brought together with the microbial
and metabolic findings in real-time, as well as of one and the same tooth area. Such an approach
should hopefully facilitate more accurate treatment decisions and the assessment of the restoration
outcome during follow-ups.

Figure 12. Canine tooth in vivo. (a) A cervical composite restoration (C) shows a margin discoloration
(white arrow); (b,c) In the 3D and 2D OCT images, a margin gap with ingress of material is detected
(red arrows). At dentin (D), an extensive interfacial gap has formed (white arrows); (d) Using
quantitative light-induced fluorescence the image showed red fluorescence (red arrow) at the cervical
restoration margin indicating bacterial activity by porphyrin invasion into the gap. There are no signs
of “secondary caries” at the restoration margin, but the stability of the situation requires observation
over time (monitoring).

3.2. Erosive Tooth Wear

Within the oral cavity, demineralization and remineralization of tooth surfaces (enamel, dentin)
are in a state of equilibrium. Even without the participation of bacteria (caries) in a multifactorial
process, a shift in the balance can occur towards demineralization, which is caused by different
patient-related and nutritional factors, e.g., eating/drinking habits, oral hygiene, medication and saliva
conditions. The destructive effect of acid-induced tissue loss of tooth surface and subsurface regions is
known as dental erosion (erosive tooth wear) [50].

Clinical diagnosis indices for recording the erosive wear include morphological as well as
quantitative criteria, particularly the Basic Erosive Wear Examination (BEWE) [51]. However, the
validity of diagnostic criteria and grading/scoring are unsatisfactory or unclear. Thus, there is a
need to develop practicable and preferably chairside diagnostic tools [51]. Different assessment
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methods have been applied for in vitro and in vivo studies to evaluate erosive tooth wear, e.g.,
profilometry, measuring microscopy techniques, TMR, SEM, atomic force microscopy, nano- and
micro-hardness tests, and the iodide permeability test, as well as methods which chemically analyze
minerals dissolved from dental hard tissue [52]. In this context, OCT has been described as a suitable
tool for the investigation of early erosions of unaffected surfaces [52].

Figure 13. Extracted human incisor. (a) Starting situation. The SD-OCT shows a small bright
band in the enamel surface (E), which could represent a lower mineralized zone (white asterisks).
The yellow double-headed arrow indicates the surface area, which was covered by composite to prevent
demineralization of the enamel; (b) After 5 min exposure of enamel to Coca Cola (37 ◦C) a broader
bright area (red asterisks) can already clearly be distinguished, which represents a zone of erosion
that also extended below the composite coating; (c) After 30 min of exposure, the demineralization
has made further progress, which is indicated by the reduced contrast at the enamel-dentin junction
(EDJ, red arrow) or its disappearance (white arrow); (d) After removal of the composite coating the
tooth was stored in artificial saliva. Within 60 min, the bright demineralized area previously covered
by composite (dotted double-headed arrow) completely disappeared indicating a process of repair
(“remineralization”). In uncovered areas, the EDJ appears in a higher contrast compared to (c) and
is more extended (green arrow). Particularly in the incisal area, the erosion is clearly reduced (**)
compared to (b,c).

OCT allows the assessment of the mineralization degree of enamel or dentin and the visualization
of very early demineralizations, and thus permits early erosive lesions to be characterized [52]. Until
now, erosion could only be assessed clinically through long-term observations of the loss of hard tooth
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tissue over months to years, well after the erosion has been initiated. With OCT, incipient erosion
without loss of enamel height could be recognized and a therapeutic remineralization process could
be monitored and assessed [8]. Figure 13 shows an initial enamel erosion before the thickness of
hard tissue had changed, and its partial repair. The erosion was produced by the soft drink Coca
Cola [53,54]. The method can visualize the partial reversal of demineralization using artificial saliva
and “effects”, which clearly took place within covered and uncovered areas of the enamel surface.
It is clear that the surface area of the partially protected enamel was repaired to a higher degree by
artificial saliva.

3.3. Caries Therapy

3.3.1. Assessment of Pit and Fissure Sealing

A major focus of prevention is on pit and fissure sealing as one measure to prevent early caries
initiation and progression in occlusal surfaces [40]. In cross-sectional OCT images, fissure depth and
caries lesions can be detected due to increased backscattering of light. After sealant application, images
reveal its penetration into fissures and its adaptation to the tooth surface (Figure 14). Incompletely
filled zones or bubbles can be detected and monitoring over time is possible. Strong reflections at the
enamel surface can hamper the detection of caries lesions by covering the light backscattered from
lesions. Using polarization-sensitive optical coherence tomography, the contrast can be enhanced by
minimizing this effect [55].

Figure 14. (a) Extracted human molar before; and (b) after fissure sealing with Helioseal. (c,d) In
cross-sections through ROI 1 and 2 occlusal caries beneath the sealer can be identified (L). Using
SD-OCT, carious lesions (L, shadow) can be localized (e,g) before; and (f,h) after sealing. The sealer (S)
has penetrated into the fissures, is inhomogeneously distributed and adapted to the enamel surface
with (f, white arrows) or (h) without interfacial gap; (f) The bright signals reveal an interfacial gap
(white arrows) between sealant and enamel. Monitoring will reveal changes over time.

3.3.2. Remaining Dentin during Caries Removal

Opening the pulp chamber during caries removal of deep lesions or tooth preparation is a major
risk in the maintenance of the pulp vitality and the tooth, and should therefore be avoided. However,
during the treatment of dentin areas close to the pulp, an iatrogenic opening of the pulp complex is
sometimes difficult to prevent due to the unknown and invisible location of the pulp chamber.

In contrast to an introduced indirect measuring method based on the determination of the
electrical resistance of the residual dentin (prepometer™, Hager and Werken, Duisburg, Germany), the
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OCT offers great potential for imaging the outline of the pulp chamber. The remaining dentin thickness
and pulp geometry, e.g., pulp horns, can be visualized in vitro during dental procedures using optical
coherence tomography [56–59]. We found that the roof of the pulp chamber could be displayed using
SD-OCT at a mean distance through dentin of 850 μm, whereas the minimum remaining dentin
thickness which could be imaged was 45 μm (Figure 15), and is in accordance with Fonseca et al. [57].
Therefore, the OCT technique could be a valuable diagnostic tool during dental treatment and help
prevent accidental pulp exposures by estimating the remaining dentin thickness.

Figure 15. Extracted human molars trimmed and cross-sectioned longitudinally through pulp chamber
(PC). Imaging of the pulp borders by (a,c) light microscopy, and (b,d) SD-OCT, the pulp horns and
pulp chamber roof (P) can be clearly visualized in the OCT images. EDJ: enamel-dentin junction.

3.3.3. Composite Restorations

Today, the adhesive bonding of composite materials to enamel and dentin is the predominant
restoration technique. The concept is based on both a durable micro retentive and a chemical bond
between composite, adhesive and tooth to obtain restorations, which are free of interfacial adhesive
defects. As composites shrink during polymerization, the adhesive technique is the crucial prerequisite
for minimally invasive treatment. Conversely, this means that the adhesive failure of the bond can be
considered as a parameter to assess the quality of restorations [60] (Figure 16).

Figure 16. A clinical situation. It is unclear and difficult to determine visually whether the discolored
margin of the composite restoration results from an interfacial margin gap.

The morphological correlate for this is the formation of interfacial gaps, or so-called adhesive
defects. For the evaluation of composite restorations, clinical trials are still the gold standard, with
clinical success assessed by functional, biological, and esthetic criteria [15,61]. Clinically interfacial
adhesive defects can only be detected at restoration margins. According to FDI (Fédération Dentaire
Internationale) [15], marginal gaps of score 2 (50 μm width) are to be removed by polishing. Gaps
of score 3 (50–150 μm), cannot be removed by polishing but are to be monitored. Restorations with
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marginal gaps of score 4 (width > 250 μm) must be repaired or replaced if these are loose (score 5).
However, statements on the clinical performance of a restoration system are possible after the passage
of at least three years [61–63]. Furthermore, clinical studies have additional disadvantages, for instance,
personnel and financial expenses are relatively high and the filling systems are often no longer on
the market at the conclusion of clinical trials after 3–5 years. Consequently, early experimental
evaluation of adhesive systems and composites is desirable and a prerequisite for further developing
restoration systems. It is also desirable to formulate clear statements regarding the quality of the
adhesive bond and the long-term prognosis of restorations immediately after restoration placement,
or at early follow-up. On this matter, OCT could provide relevant information. The method enables
high-resolution real-time images to be made of composite restorations in 2D and 3D in vitro, ex vivo
and in vivo, up to an imaging depth of 2.5 mm. The homogeneity of different restoration materials
can be checked, as well as interfacial adhesive defects. Especially the clinically relevant integrity of
enamel- and dentin-restoration margins can be reliably evaluated, including (at least partially) the
situation beneath the gingiva, as well as the seal quality at these locations (Figure 17). The validity and
reproducibility of the method has been demonstrated [64,65].

Figure 17. (a) Screenshot of the clinical image of a cervical composite restoration (C) on a premolar;
(b) The cross-sectional OCT image reveals a homogeneous filling showing an extended bond failure
at the dentin and enamel (bright signal lines, white arrows). At enamel margin (E), no gap appears,
whereas the gingival margin (G) shows a gap which is extended along the composite-dentin interface.
In multiple equidistantly distributed cross-sectional images, the length of the interfacial adhesive
failures can be measured for dentin (D) and enamel (E). From these, the “percentage gap” of this
restoration can be derived separately for enamel and dentin. EDJ: enamel-dentin junction.

Quality Control Using OCT

Thanks to the fast processing of highly resolved images and its non-invasive and harmless
approach, OCT has great potential for time-resolved visualization of fast processes [9]. This is also
the case in the fields of learning and teaching, and consequently in quality or process control and in
monitoring therapy outcomes. The technique allows many opportunities for self-checking. Individual
work steps during restoration placement can be demonstrated, better understood and single procedural
errors and resulting failures can be clearly seen. This results in great potential in supporting the
development of dental materials, and to teach and learn therapeutic procedures (Figures 18 and 19).
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Figure 18. OCT quality control in vivo. 3D OCT imaging of a cervical composite (C) restoration at a
premolar after filling the cavity in small increments (a–d). Images (b–d) show the image stack using a
sequence of three OCT B-scans in y-direction (ROI shown in a). The bright lines at the tooth-composite
interface demonstrate a margin gap at dentin (D) and extended interfacial bond failures (white arrows).
Additionally, communicating bubbles are clearly evident (yellow arrows) and reach the restoration
surface, forming an entrance for material to penetrate into the restoration (a–d, red arrows).

Figure 19. OCT quality control in vivo. (a) A cervical composite (C) restoration at a premolar 34
immediately after filling the cavity. The gingiva (G) is slightly retracted. In contrast to Figure 18
the composite has been homogeneously dispersed; (a) Using visual-tactile assessment the restoration
margins appear smooth; (b) However, in the OCT image at dentin (D, ROI) a margin gap in combination
with a composite overhang indicates a critical area (bright line, red arrow). In knowledge of the OCT
image, the overhang could easily be removed. An adhesive layer (A) could only be partially detected.

Monitoring of Composite Restorations

As OCT is non-invasive, it inevitably follows that it offers the possibility of monitoring the bond
failure at the same composite restorations in the same cross-sectional images at any time. In long-term
clinical studies conducted by the authors, composite restorations will be imaged parallel to clinical
assessment using SD-OCT (vestibular areas, Class V, Figure 4c). In a B-scan by measurement the
lengths of adhesive failure and interface the proportion (%) of the interfacial adhesive failure can
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be calculated separately for enamel, dentin or cement. In 25 equidistantly distributed B-scans of an
image stack the mean values of a restoration result with regard to enamel, dentin or cement. From
these the values per group can be calculated over the entire period of study. The results of the clinical
studies will reveal whether OCT can be an early, cost-effective, and time-saving tool for evaluating
the performance of adhesives or composite restoration systems in vivo. In vitro and ex vivo, an
exceptional methodological advantage is that identical cross-sectional images will be assessed and
compared before and after artificial aging. This results in pairs of measured values. In this case the
variance between specimens can be excluded and just the variance within the specimens remains.
Compared with unpaired values, at identical ratings of statistical power the number of specimens can
be reduced.

The quality assessment of composite restorations is based on the evaluation of functional,
biological, and esthetic criteria [61]. It is also recognized that restoration margins should be sealed or
intact. The question of what degree of interfacial bond failure is “clinically acceptable” is still open for
discussion. From this point of view, we believe that development over time for each individual case
must be a focus of consideration as interfacial gap is not just like another. To date, nobody has reliably
assessed and estimated these individual dynamics under clinical conditions.

Figures 20 and 21 demonstrate two specific cases of gap formation between composite restoration
and tooth during clinical function. Figure 20a–c show a rapid increase of bond failure at dentin over a
short period of six months, while the composite-enamel bond has proven itself. In contrast, a much
slower dynamic of gap progression over the longer period of 24 months is seen in Figure 21a–e. There
are no signs of caries at the defective restoration margins (secondary caries). Figures 22 and 23 provide
an example of partial restoration loss in images and the percentage of interfacial gap formation. Within
the limits of the method, the concept of restoration monitoring using OCT can be transferred onto
other restoration materials.

Figure 20. SD-OCT monitoring of tooth-composite bond at a cervical composite restoration (C). (a) The
restoration immediately after filling the cavity in small composite increments. The composite has been
homogeneously dispersed. Initially, the bright line marks an extensive adhesive defect (AD, white
arrow) at dentin (D), which progressed rapidly up to the 6-month reevaluation (red arrow, the same
cross-section as in image a). (b,c) Along the interface the gap is at an advanced stage (bright line, white
arrow). There are no signs of secondary caries, but of ingressed material (red star, c). No distinct
adhesive layer could be detected. * Vertical bar is related to refractive index n = 1.5.
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Figure 21. Monitoring of tooth-composite bond using SD-OCT in vivo. (a) A cervical composite
restoration (C) immediately after filling the cavity in small composite increments. The gingiva (G) is
slightly retracted. The composite has been homogeneously dispersed. Initially the bright line marks an
extensive adhesive defect (AD) at enamel (E) and dentin (D); (b–e) The same cross-section (see bubble
in composite, B), imaged using OCT in the period 14 days (b) to 24 months (M, e); the interfacial gap
has progressed slightly (bright line, white arrow). There are no signs of secondary caries. A distinct
adhesive layer (A) could only be partially detected. * Vertical bar is related to refractive index n = 1.5.

Figure 22. In vivo monitoring of the tooth-composite bond using SD-OCT. (a) A cervical composite
restoration (C) at premolar 34, sixteen months after restoration. The cavity was filled in increments.
The composite contains imperfections (yellow arrow). The bright line marks an extensive adhesive
defect (white arrows) at dentin (D). (b,c) The same cross-section imaged using OCT in the period up
until 50 months; the interfacial gap has progressed (bright line, white arrows), but there are no signs of
secondary caries. (d) Three weeks later, the restoration failed. The imperfection has probably acted as
a hinge (yellow arrow). At enamel (E) this saved the composite from loss. * Vertical bar is related to
refractive index n = 1.5.
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Figure 23. Percentage progression of the interfacial gap formation according to Figure 22, based on
OCT cross-sectional images.

4. Conclusions

As a non-invasive imaging technique, optical coherence tomography opens up enormous potential
for its application in more effective and reproducible diagnosis and therapy of caries. Caries lesions
can be detected significantly earlier and the progress of early dental caries and the effectiveness
of restorative treatment options could be monitored longitudinally. This explorative technique
could provide additional clinically relevant information, is fast, and thus suitable and cost-effective
to use in research. In clinical practice it could be applied equally well if appropriate equipment
becomes available.
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Abstract: In this paper, we present a reliable and robust method for magnetomotive optical coherence
tomography (MM-OCT) imaging of single cells labeled with iron oxide particles. This method
employs modulated longitudinal and transverse magnetic fields to evoke alignment and rotation of
anisotropic magnetic structures in the sample volume. Experimental evidence suggests that magnetic
particles assemble themselves in elongated chains when exposed to a permanent magnetic field.
Magnetomotion in the intracellular space was detected and visualized by means of 3D OCT as well
as laser speckle reflectometry as a 2D reference imaging method. Our experiments on mesenchymal
stem cells embedded in agar scaffolds show that the magnetomotive signal in rotational MM-OCT
is significantly increased by a factor of ~3 compared to previous pulsed MM-OCT, although the
solenoid’s power consumption was 16 times lower. Finally, we use our novel method to image
ARPE-19 cells, a human retinal pigment epithelium cell line. Our results permit magnetomotive
imaging with higher sensitivity and the use of low power magnetic fields or larger working distances
for future three-dimensional cell tracking in target tissues and organs.

Keywords: optical coherence tomography; cell imaging; dynamic contrast agents; magnetic particles;
laser speckle; fluorescence microscopy

1. Introduction

Magnetomotive optical coherence tomography (MM-OCT) is a promising imaging method
for noninvasive three-dimensional (3D) tracking of magnetically labeled cells in target tissues or
organs [1–3]. In this situation, selected cells are labeled with magnetic micro- or nanoparticles as

Appl. Sci. 2017, 7, 444 81 www.mdpi.com/journal/applsci



Appl. Sci. 2017, 7, 444

dynamic contrast agents, which are excited into motion by a modulated external magnetic field.
By analysis of OCT signal alterations, this motion can be detected and visualized for enhanced contrast
of labeled cells.

In conventional MM-OCT, the external magnetic field is generated by a solenoid close to the
sample. Ideally, magnetomotion is characterized by particle displacement towards the solenoid when
the current is switched on, and return of the particle to its initial position when the current is switched
off. Hence, besides the magnetic force, also the restoring force of the elastic tissue environment is
essential for the retrieval of appropriate magnetomotive signals. To expand MM-OCT to applications
and environments where no elastic restoring force is present, such as in liquids, dual-coil configurations
were introduced, in which the particles are attracted alternately by a primary and an opposite secondary
coil on a common axis [4]. Such a setup would also be convenient for cell imaging, since cells are
characterized by viscoelastic properties rather than a true elastic behavior [5]. However, because of the
limited space between the two solenoids, this method is restricted to small samples only. Therefore,
we introduce an alternative method called rotational magnetomotive (rMM)-OCT which uses two
magnets on the same side of the sample but with two different axes. This off-axis configuration allows
the generation of modulated longitudinal and transverse magnetic fields, which cause magnetomotion
by the alignment and rotation of anisotropic magnetic particles in the sample volume.

For our experiments, we used a multimodal imaging system presented recently by our group [6].
This system allows MM-OCT imaging in combination with light microscopy and laser speckle
reflectometry for structural and motion analysis of single cells. For the implementation of rMM-OCT,
we added a small permanent magnet to the existing setup to generate the transverse magnetic field.
After analysis of magnetic field components and particle behavior, we provide proof-of-principle
evidence for rMM-OCT imaging of single mesenchymal stem cells (MSCs) embedded in agar scaffolds
and demonstrate the magnetomotive signal enhancement compared to previous pulsed MM-OCT.
Finally, we use our method to image ARPE-19 cells [7], a human retinal pigment epithelium (RPE) cell
line, in order to demonstrate the potential of rMM-OCT to track therapeutically relevant cell types,
such as RPE cells transplanted into the retina [8,9].

2. Materials and Methods

2.1. Experimental Setup for MM-OCT

All experiments were carried out with a multimodal imaging system for MM-OCT, laser speckle
reflectometry and light microscopy, which was presented recently by our group [6]. In brief, the
setup shown in Figure 1 consists of a conventional epi-fluorescence microscope (Leica DMRB,
Leica Microsystems GmbH, Wetzlar, Germany) for bright-field transmission and multi-color
fluorescence microscopy, an integrated MM-OCT probe including an electromagnet for magnetic
field generation, and a dark-field laser illumination for laser speckle imaging. The setup allows parallel
visualization of the same cells by means of two-dimensional (2D) light microscopy and 3D OCT, as well
as investigation of sample motion by means of laser speckle variance analysis. Laser illumination of the
sample is generated by a fiber-coupled laser diode at 638 nm (Lasiris PTL-500-635-1-2.0, Coherent Inc.,
Santa Clara, CA, USA) with an output power of 1 mW. Light microscopy and laser speckle images are
detected by a video camera (1.3 megapixel monochrome CMOS, Sumix SMX-M71M, Sumix, Oceanside,
CA, USA) mounted on the microscope. The microscope-integrated OCT probe is fiber-coupled to a
self-developed spectral domain OCT system operating at 880 nm [10]. This system is equipped with
a superluminescent diode (Exalos EXS8810-2411, Exalos AG, Schlieren, Switzerland) with a center
wavelength of 876 nm and a spectral bandwidth of 64 nm (FWHM), and a linear-in-wavenumber
spectrometer. In summary, the system allows OCT imaging at an axial depth scan (A-scan) rate of
11.9 kHz with an axial resolution of 6.7 μm in air, an optical imaging depth of 3 mm and a sensitivity
of −102 dB.
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The electromagnet for magnetic field generation (Intertec Components GmbH, ITS-MS 5030 12
VDC, Hallbergmoos, Germany) is attached to the distal end of the OCT probe with parts of the OCT
imaging optics incorporated into a center bore of the solenoid’s ferromagnetic core. With a working
distance of 6 mm and an imaging numerical aperture (NA) of 0.1 yielding a theoretical lateral resolution
of 3.3 μm, this MM-OCT probe allows observation of single cells in a three-dimensional tissue-like
environment. The field of view of the OCT probe in the focal plane is 1.5 mm in diameter.

 

Figure 1. Multimodal imaging setup for magnetomotive OCT (MM-OCT), laser speckle reflectometry
and light microscopy. (a) Light microscope with integrated MM-OCT probe and dark-field laser
illumination for laser speckle imaging. The microscope is equipped with a halogen lamp for bright-field
transmission imaging and a mercury-vapor lamp for epi-fluorescence imaging; (b) the inset shows
a detailed view of the sample region and the OCT scanning unit with attached electromagnet.
The coordinate system (x, y, z) indicates the orientation of the MM-OCT probe. The x-direction is the
fast scanning direction of the OCT probe. Hence, cross-sectional OCT images (tomographic B-scans)
are created in the x–z plane Abbreviations: BS—beam splitter, C—collimator, CL—condensing
lens, DC—dispersion compensation, DM—Vis/NIR dichroic mirror, GS—galvanometer scanners,
RL—reference lens, RM—reference mirror, SL—scanning lens, SMF—single-mode fiber (color online).

The solenoid coil (18.5 Ω) is usually driven in pulsed operation mode by a self-developed
capacitive-discharge pulse generator synchronized to the OCT system. Typically, the magnetic pulse
length is set to 80 ms, which corresponds to the acquisition time of two tomographic images (B-scans),
and the pulse repetition rate is set to 1 Hz. In the current setup, the maximum charging voltage of the
capacitor is 120 V yielding a peak magnetic flux density of 0.2 T and an axial field gradient of 18 T/m
in the sample region.

2.2. Additional Experimental Setup for Rotational MM-OCT

For the implementation of rMM-OCT, we added a permanent ring magnet (Conrad Electronic SE,
506014-62, Hirschau, Germany) with an internal remanent field of 1.35 T and a thickness of 2 mm on
top of the electromagnet. This ring magnet is a highly textured NdFeB sinter magnet whose easy axis
of magnetization is parallel to its rotational symmetry axis. As indicated in Figure 2, both magnets are
not concentric but have a lateral axis offset of approximately 15 mm. Hence, as long as the solenoid
is switched off (Figure 1b), the laterally displaced permanent magnet creates a magnetic field with a
significant horizontal component in the sample region. This causes the anisotropic magnetic particles to
align horizontally with their long axis in parallel to the field lines (such as a compass needle). However,
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when the solenoid is switched on (Figure 2c), the field of the permanent magnet is superimposed by
the solenoid’s magnetic field, which has a significant vertical component in the sample region. Thus,
the particles will rotate and align vertically. As a consequence, periodic switching of the solenoid, such
as in pulsed operation mode, will create a nod-like motion of the particles, which should be detectable
by OCT and laser speckle reflectometry.

Figure 2. Principle of rotational magnetomotive OCT (rMM-OCT) using an electromagnet (solenoid)
and a laterally displaced permanent magnet. (a) Top view and (b,c) side view of the dual-magnet
configuration. When the solenoid is turned off (b), anisotropic magnetic particles in a soft sample are
aligned horizontally (y-direction) towards the field of the permanent magnet; when the solenoid is
turned on (c), particles are aligned vertically (z-direction) towards the field of the solenoid. Drawn
magnetic field lines are a guide to the eye only. The indicated coordinate system (x, y, z) is identical to
Figure 1b. The coordinate origin is at the optical axis of the OCT probe (x = y = 0) and the surface of the
solenoid (z = 0) (color online).

3. Results

3.1. Validation of the Rotational Magnetomotive Concept

To validate the hypothesis mentioned above, we first analyzed the transverse and longitudinal
magnetic field components of our rMM-OCT setup during the off- and on-states of the solenoid. For
this experiment, we operated the solenoid in DC (direct current) mode and successively measured the
field components (Figure 3a,b) using a conventional magnetometer (KOSHAVA 5, Wuntronic GmbH,
München, Germany). In order to prevent the permanent magnet from being pushed off the solenoid
during the on-state, we limited the supply voltage to 30 V. As it can be seen in Figure 3c, switching off
the solenoid results in a varying magnetic field vector in the sample region, i.e., the focus region of the
OCT beam. When the solenoid is switched on, the tilt angle of the field vector changes from 32◦ to
83◦, thus, there is a dominant vertical field during the on-state compared to a rather horizontal field
during the off-state. The magnitude of the field vector amounts to 17 mT in the off-state and 101 mT
in the on-state. This significant difference between the two states is most likely due to the empirical
and non-optimized character of our dual-magnet configuration. Ideally, one would assume that the
best results will be obtained with equal field strengths in both states. However, the setup presented
in this work is considered more a proof-of-principle rather than an optimized system. Related, the
corresponding field gradient (in the direction of the respective tilt angle) is approximately 4 T/m and
9 T/m in the off- and on-states, respectively. However, we believe that the field gradient plays at least
a minor role in this context, as the particles are supposed to rotate rather than move via a magnetic
gradient force-induced displacement.
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Figure 3. Magnetic field in the rMM-OCT setup. (a) Transverse magnetic field; and (b) longitudinal
magnetic field measured with the solenoid turned off and on (30 V). The measurements were performed
in the y–z plane with x = 0, as indicated in Figure 2b,c. The coordinate origin is again at the optical
axis of the OCT probe (x = y = 0 mm) and the surface of the solenoid (z = 0 mm). The transverse
field in (a) was measured at the working distance of the OCT probe (z = 6 mm); The longitudinal
field in (b) was measured along the optical axis of the OCT probe (x = y = 0 mm). The focus position
of the OCT beam along the optical axis (x = y = 0 mm; z = 6 mm) is indicated by the dashed circles;
(c) Resulting magnetic field vectors in the central OCT focus position (x = y = 0 mm; z = 6 mm) during
off- and on-states of the solenoid. The field vectors were calculated from the respective transverse and
longitudinal magnetic field components indicated by the dashed circles in (a,b).

In a second step, we proved magnetic particle alignment and rotation in the switchable field.
We dispersed magnetic particles in glycerin (0.5 mg/mL) and investigated them using the bright-field
microscopy channel of our multimodal imaging setup in combination with a high-magnification
objective (Leica C Plan L 40×/0.50). The particles were identical to the ones used for cell
experiments in our previous study [6]; they are sub-micron particles with a nominal size of 200 nm
(nano-screen MAG/R-DXS, Chemicell GmbH, Berlin, Germany) consisting of a magnetite core,
a fluorescent shell emitting in the red visible spectral range, and a coating made of dextran-sulfate for
biomolecule coupling.

As shown in Figure 4a, the magnetic particles are rather homogeneously distributed in
the freshly prepared sample. However, after 30 min exposure to the permanent magnetic field,
the particles have formed long chains that are transversally aligned towards the permanent magnet
(y-direction, Figure 4b). Finally, when the electromagnet is switched on, these chains rotate and align
longitudinally towards the solenoid (z-direction, Figure 4c). A corresponding time-lapse video of the
particle movement is shown in Video S1. This type of chaining, alignment and rotation behavior is
also reported in the literature for magnetic particles inside cells. Wilhelm, C. et al. [11] describe that
magnetic particles internalized by cells are accommodated in “magnetic endosomes,” i.e., vesicles
containing several magnetic particles. These magnetic endosomes cluster to elongated chains within
single cells when exposed to a permanent magnetic field, and these chains also rotate when the
direction of the magnetic field is changed.

Interestingly, as Figure 4b appears brighter than Figure 4c, the rotation of the magnetic particle
chains also seems to influence the transparency of the sample.
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Figure 4. Magnetic particle behavior in the switchable magnetic field. (a) Bright-field transmission
microscopy of magnetic nanoparticles dispersed in glycerin (0.5 mg/mL) in a freshly prepared sample;
(b) after 30 min exposure to the permanent magnetic field with the solenoid switched off; and (c) shortly
after with the solenoid switched on (30 V). The dominant direction of the magnetic field is indicated
by the symbols in the upper left corner of the images (↑—transverse, �—longitudinal). The indicated
coordinate system (x, y) is identical to Figure 2a. As illustrated by the magnified views (red rectangles),
the particles in (b) have formed long chains that are aligned parallel to the image plane; when the
solenoid is switched on in (c), these chains rotate and align perpendicular to the image plane. This
rotation effect is reversible across many on/off cycles of the solenoid (see Scheme 1 and Video S1)
(color online).

 

Scheme 1. Time-lapse video of the magnetic particle movement when the solenoid is turned on and
off. (Left) Bright-field transmission image as shown in Figure 4; (Right) Three-fold magnified view of
a single particle chain. The position of the magnified view is indicated by the dark rectangle. Due to
the fluidic properties of glycerin, there is a certain drift of the particles caused by the gradient of the
magnetic field.

3.2. Cell Imaging

Based on these findings, we applied rMM-OCT to cell imaging. For this, we magnetically labeled
mesenchymal stem cells (MSCs) with the fluorescent magnetic particles, as mentioned in Section 3.1,
and embedded them in agar scaffolds resembling the elastic properties of soft tissue, as described in [6].
Concerning cellular particle load and its effect on cell function, recent literature indicates that MSCs
incubated with 200-nm magnetic particles coated with dextran-sulfate take up ~10 pg of iron oxide per
cell, and show a cell viability of ~70% after 24 h [12]. After preparation, we placed the samples on the
object stage of our multimodal imaging setup containing the permanent magnet and kept them under
resting conditions for 30 min in order to provoke the formation and alignment of magnetic chains inside
the cells. After that, we analyzed single cells using rMM-OCT in combination with light microscopy
and laser speckle reflectometry. In this context, we applied bright-field transmission and fluorescence
microscopy in order to identify single cells inside the sample volume and evaluated cell labeling
using the fluorescent properties of the magnetic particles. Additionally, we applied laser speckle

86



Appl. Sci. 2017, 7, 444

reflectometry as a 2D reference imaging method to evaluate the sample motion. This time, we operated
the solenoid in pulsed mode (pulse duration 80 ms; repetition rate 1 Hz) in order to induce repetitive
magnetomotion. According to our previous experiments, we set the capacitor charging voltage to
30 V, expecting the magnitude of the pulsed magnetic field to be similar to the values measured in
DC mode (Figure 3a–c). Finally, we retrieved motion contrast from both OCT and laser speckle (LS)
images (f OCT = f LS = 25 Hz) by calculating the temporal variance of the OCT signal amplitude and the
laser speckle intensity over an interval of five B-scans and five video frames, respectively.

Exemplary imaging results for five labeled and two unlabeled control cells are shown in Figure 5.
It can be seen that labeled cells are characterized by an intense red fluorescence signal in the microscopy
channel originating from the fluorescent magnetic particles, as well as significant color-coded motion
signals in the OCT and laser speckle channels resulting from magnetomotion. In comparison, unlabeled
cells show no fluorescence and no motion contrast.

 
Figure 5. Multimodal light microscopy, laser speckle and rMM-OCT imaging of labeled and unlabeled
mesenchymal stem cells (MSCs) embedded in agar scaffolds. The labeled cells are characterized by an
intense red fluorescence signal in the microscopy images and a significantly increased variance in both
the laser speckle images and the OCT cross-sections, which is caused by magnetically induced motion.
In contrast, the unlabeled control cells show no fluorescence and no motion signal (color online).

Hypothetically, the pulse length of 80 ms is not long enough to allow the sub-micron particles
to fully respond to the magnetic field. However, we choose this pulse duration to make the results
comparable to previous work [6].

In this context, we measured the magnetomotive signal of five different cells imaged with
rMM-OCT and compared the results to our previous pulsed MM-OCT method. For measurement,
we selected a region-of-interest (ROI) representing the cell, and calculated the normalized
magnetomotive signal as the quotient of the ROI’s mean variance and the average amplitude of
the OCT signal across the magnetic pulse. Similarly, we measured the magnetomotive signal in
laser speckle reflectometry by calculating the mean laser speckle variance divided by the average
laser speckle intensity. The results in Figure 6 show that the magnetomotive signal in rMM-OCT is
significantly increased in both OCT and laser speckle analysis by a factor of 2.8 and 2.5, respectively. We
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note that the only differences of the rMM-OCT setup compared to the MM-OCT setup are the addition
of the permanent magnetic ring and the lower charging voltage of the pulse generator capacitor
(30 V compared to 120 V, respectively). However, rMM-OCT provides a significantly improved
magnetomotive contrast compared to MM-OCT, although the charging voltage was four times smaller
and, thus, the solenoid’s power consumption was 16 times lower.

Figure 6. Quantification of the cellular magnetomotive signal using OCT and laser speckle analysis.
In each OCT (a) and laser speckle image (b) a region of interest (ROI) representing the cell is chosen and
the mean magnetomotive signal is determined; (c) Magnetomotive signals retrieved from OCT data
(left column) and laser speckle data (right column) for five different cells imaged with our previous
pulsed MM-OCT setup (dark bars) and the novel rMM-OCT setup (bright bars) using a capacitor
charging voltage of 120 V and 30 V, respectively. The magnetomotive signals represent the normalized
mean variance in the ROI, i.e., the mean pixel variance divided by the average pixel intensity across
the magnetic pulse. Data represents mean values ± standard deviation (color online).

In a final step, we tested our rMM-OCT imaging method on alternative cells next to MSCs
that are used for retinal transplantation studies concerning the RPE, the ARPE-19 cell line [13–15].
These cells were labeled and embedded in agar scaffolds identical to MSCs, as described before.
Representative OCT imaging results for labeled ARPE-19 cells are shown in Figure 7. It can be seen
that the magnetomotive contrast is very similar to the MSCs shown in Figure 5.

Figure 7. Volumetric rMM-OCT imaging of labeled ARPE-19 cells embedded in an agar scaffold.
(a) Top view and (b) side view of a recorded 3D OCT image stack showing two cells next to each other.
(c) 3D view of the two cells. All views represent maximum intensity projections of the 3D image data
(color online).

4. Discussion

In conclusion, we have shown that rMM-OCT provides a higher magnetomotive signal at a lower
power consumption compared to previous pulsed MM-OCT. This improvement was mostly achieved
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by adding a small permanent magnet in an off-axis configuration to the MM-OCT setup. The thickness
of the permanent magnet is only 2 mm; hence, the reduction of working distance from 6 mm (relative to
the surface of the solenoid) in the original setup to 4 mm (relative to the surface of the permanent
magnet) in the new setup is still acceptable for retinal imaging in small animal models used in cell
transplantation studies, such as mice (eye length 3 mm). Further, the dual-magnet configuration of
rMM-OCT is a single-sided setup that circumvents the restrictions of previous dual-coil configurations
to small samples.

In this context, we have also shown that rMM-OCT allows robust and reliable
contrast-enhancement in different cell types, such as MSCs and transplantable ARPE-19 cells. We note
that magnetomotion in cells can also be induced by other MM-OCT methods, such as pulsed MM-OCT
using our previous setup. However, our results shown in Figure 6 imply that the magnetomotive
signal of rMM-OCT is significantly higher compared to the previous pulsed MM-OCT. Besides particle
chaining and rotation, this signal increase might be additionally supported by particle clumping
induced by the permanent magnet leading to enhanced magnetic susceptibility of the contrast agent
and, thus, improved displacement in response to the applied magnetic field. As a consequence,
rMM-OCT permits higher sensitivity, the use of low power magnetic fields or corresponding larger
working distances, and single-sided access to biological specimens. This makes it a promising method
for future 3D cell tracking in target tissues and organs, such as the retina in small animal models, under
in vivo conditions.

However, further investigation is required to adress several aspects of the method presented
herein. Most important, as the induced magnetic particle changes to elongated chains (as shown
in Figure 4) end up being very long in glycerin (~10 μm) and approach the diameters of cells,
cell viability experiments are necessary to investigate whether particle chain formation and rotation
during rMM-OCT imaging may be destructive to cells. Additionally, it is not yet clear what the size
these chains in cells may reach, how controllable this is in conjunction with the magnetization time
(currently 30 min), and what the minimum detectable concentration of magnetic particles is or the
minimum detectable size of particle aggregates. In this context, the current magnetization time of
30 min is relatively long, especially with regards to prospective in vivo applications. Therefore, we plan
further experiments in which we investigate the time-dependency of magnetic chain formation and
the correlation with magnetomotive signal enhancement in order to find the minimum magnetization
time appropriate for in vivo imaging.

As an alternative to further enhance the sensitivity of rotational magnetomotive measurements,
particles with potentially increased anisotropy such as magnetic nanostars [16,17] could be applied.
Moreover, for future in vivo application, faster imaging is desired. In this study, the magnetomotive
imaging speed was limited by the fixed pulse repetition rate of 1 Hz in order to make the results
comparable to previous work. However, the lower power consumption of the solenoid in this
work facilitates the use of higher duty cycles, and thus faster pulse repetition rates. In this context,
an adequate pulse generator for faster pulse series is the subject of current, ongoing investigation.

Supplementary Materials: The following are available online at http://www.mdpi.com/2076-3417/7/5/444/s1,
Video S1: rMM-OCT magnetic particle movement.avi.
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Abstract: Full-field optical coherence tomography (FF-OCT) is a variant of OCT that is able to
register 2D en face views of scattering samples at a given depth. Thanks to its superior resolution,
it can quickly reveal information similar to histology without the need to physically section the
sample. Sensitivity and specificity levels of diagnosis performed with FF-OCT are 80% to 95% of
the equivalent histological diagnosis performances and could therefore benefit from improvement.
Therefore, multimodal systems have been designed to increase the diagnostic performance of FF-OCT.
In this paper, we will discuss which contrasts can be measured with such multimodal systems in the
context of ex vivo biological tissue examination. We will particularly emphasize three multimodal
combinations to measure the tissue mechanics, dynamics, and molecular content respectively.

Keywords: full-field optical coherence tomography; multimodality; biomechanics; mechanical
properties; dynamics; cellular metabolism; fluorescence microscopy

1. Introduction

Over the past 25 years, optical coherence tomography (OCT) has rapidly developed and spread
into many fields of biomedical research thanks to its ability to capture label-free structural contrast
deep inside a tissue [1]. Over the years, OCT has been developed into numerous different modalities
that emphasize the 3D interplay between tissue microstructures and various specific complementary
contrasts [2–5].

Full-field optical coherence tomography (FF-OCT) is a less familiar OCT-derived technology [6,7].
FF-OCT differs from standard OCT by acquiring 2D en face images in a widefield configuration at
a given depth in a tissue. To record a 3D tomogram, the sample is further scanned in depth, instead
of acquiring series of A lines as in regular OCT. Such a configuration offers the possibility to use
high numerical aperture (NA) microscope objectives, without limiting the exploration depth, and can
therefore access submicrometric and subcellular resolution.

FF-OCT has been successfully applied for non-invasive label-free ex vivo pathology assessment
in various tissues [8–15]. Thanks to its isotropic micrometric resolution, FF-OCT can often be compared
to histology slices. In contrast to histology, FF-OCT does not require time for sample fixation, slicing,
or labeling, and an histology-like image can be produced within a few minutes after tissue extraction.
It also helps to reduce fixation and slicing artifacts, as FF-OCT does not necessarily require physical
slicing, and can image in depth, eventually far from the incision edges for a biopsy.

However, FF-OCT may suffer from its lack of specificity, and sometimes fails to equal the
diagnostic capacity of gold standard histology. Yet, FF-OCT detection scores are above 80% for most
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pathologies in both sensitivity and specificity [14,16], and Manu Jain and colleagues could even
report a 100% correct identification of tumors in ex vivo kidneys [17], obtaining similar results to
histology, even though the tumor subtyping is still not 100%. In order to increase diagnosis scores,
FF-OCT has therefore expanded to multimodal systems combining FF-OCT structural contrast with
other pathology biomarkers inside a single microscope. The interest of such multimodal systems
is to reduce the ambiguity in structure identification that can arise from sequential imaging with
two different microscopes, and to reduce operation time. Some FF-OCT multimodal systems have
been reviewed in the recently published Handbook of Full-Field Optical Coherence Microscopy, edited
by Arnaud Dubois [16]. We can non-exhaustively mention the multimodal combinations of FF-OCT
with fluorescence [18], photothermal imaging [19], elastography [20], polarization [21], multispectral
and hyperspectral imaging [22–24]. Most of these multimodal systems have been inspired by similar
systems developed in standard OCT, but they needed to be adapted and redesigned to fit FF-OCT’s
particular configuration.

In this paper, our goal was not to exhaustively describe these multimodal systems, or to
systematically review all the potential fields in which multimodal FF-OCT systems can be of interest.
Instead, we will start from the need to increase the FF-OCT’s diagnostic ability up to equal that of gold
standard histology to describe three different multimodal systems that we are currently developing or
improving in our lab. After a brief description of FF-OCT, and the optical systems that we commonly
use, we describe and emphasize the differences between FF-OCT and histology contrasts, to better
apprehend what contrasts would be optimal to add to FF-OCT. Then, we will describe our recent
development related to multimodal systems combining FF-OCT with elastography, with cellular
metabolism, and with fluorescence, and how these multimodal systems could increase the diagnosis
performance of FF-OCT.

2. Scanning OCT versus Full-Field OCT and Technological Description of the Setups Description

The main difference between classical OCT systems and FF-OCT lies in the absence of transverse
scanning. In OCT, or in optical coherence microscopy (OCM), an axial line (A-line) is captured with
a single point [1,25,26] or with a line detection [27,28], and further scanned in the transverse plane,
to successively obtain 2D planes (B-scan) and 3D tomograms (C-scan). On the contrary, the full-field
configuration captures a 2D image at a single depth with a 2D camera, and an axial scan enables the
recording of a 3D tomogram. In both configurations, the optical section is mostly controlled by the
temporal coherence length, given by the inverse of the spectral bandwidth. Scanning in one dimension
compared to two dimensions has several major consequences:

• Because it looks at a single depth at a time, FF-OCT can be performed with a small depth of
field, and therefore with high numerical aperture (NA) objectives. This enables high transverse
resolution to be obtained, below 1 μm for visible light. Other elegant OCT systems have greatly
increased their transverse resolution [1,29–32], however these techniques remain more complex
and often have to sacrifice their temporal resolution.

• Moreover, scanning in two directions imposes a trade-off between exposure time and the field of
view. In scanning OCT, each pixel is only illuminated for a few microseconds, while in FF-OCT,
the entire field of view is usually evenly illuminated during a few milliseconds. It can make
a difference in the light dose delivered to the sample, and the most rapid speckle fluctuations are
often averaged out [33].

• The time required to get information from the sample is much longer in FF-OCT, since it is limited
by the camera frame rate, which is hardly below 1 ms, while some scanning OCT systems can now
acquire lines at more than 100,000 lines per second [34]. The consequence is that FF-OCT is much
more sensitive to sample motion, and is difficult to perform in vivo, other than on anesthetized
animal or by pressing the sample against an imaging window [35].
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• A last important difference when looking at en face images either performed in scanning OCT or
FF-OCT is that all the pixels have been acquired at different times in OCT, while they are acquired
at the same time in FF-OCT (if the camera is operated in global shutter mode), which can introduce
some artifacts when looking at moving objects. On the other hand, all axial pixels are acquired
simultaneously in OCT, while they are largely separated in time for FF-OCT. An important
consequence is that the optical phase can be directly retrieved in OCT by subtracting two adjacent
axial pixels [36] while FF-OCT requires multiple phase-shifted measurements to retrieve the
optical phase.

In practice, we mainly use two different FF-OCT layouts presented in Figure 1. The first setup
is the LLTech commercial system [37], based on a Linnik interferometer using two identical 10X,
0.3 NA microscope objectives, and a thermal source to produce an isotropic resolution of 1 μm.
We also developed custom-built versions of this system, exhibiting higher mechanical stability, or
different cameras for example, but the general layout stays identical. We used these systems to add
elastography [20,38] and motility contrasts [39,40].

Figure 1. FF-OCT systems layouts. (A) Standard layout, as in the LLTech commercial system. It is
based on a Linnik interferometer, with identical microscope objectives in both arms. The system can be
illuminated by a simple thermal source, or a standard LED, and the image is recorded with a CMOS
camera; (B) Principle of 3D acquisition in FF-OCT. A 2D plane can be recorded in a single camera
acquisition, then the field is scanned in the axial direction; (C) Another FF-OCT layout developed in
the lab, offering the possibility to work with higher NA objectives, and to add a fluorescence channel
simultaneously to the FF-OCT image.

The second setup is a multimodal setup combining FF-OCT and structured illumination
fluorescence microscopy (SIM) [41], in a relatively similar layout to the one developed by H.Makhlouf
and colleagues [42]. To enhance the photon collection, we used higher NA objectives, either 40X,
0.8 NA in water, or 30X, 1.05 NA in silicone oil, achieving transverse resolution below 500 nm,
and depth of focus between 1 and 2 μm. Interestingly, in this system, the optical sectioning ability
comes from the lateral spatial coherence [43,44] controlled by the depth of focus, and therefore
the objective NA rather than the temporal coherence, meaning that simple LEDs can be used
without sacrificing the axial resolution. Both systems are illuminated by spatially incoherent sources,
which eliminate the cross talks [45], and preserve the transverse resolution from degradation due to
low order aberrations [46]. The illumination sources are mounted in a Kohler illumination to provide
an illumination as homogeneous as possible.
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Both systems are now operated with a new CMOS camera developed by Adimec during an ERC
project (CAReIOCA) led by LLTech [47]. This camera can handle a Full Well Capacity of about 2Me−

on 2 million pixels at frame rates up to 700 Hz, which typically enhanced our signal-to-noise ratio by
a three-fold factor, and acquisition speed by a five-fold factor, with respect to previously used cameras
(PhotonFocus, MV1-D1024E-160CL, Lachen, Switzerland).

3. FF-OCT and Histology Contrasts

In order to further compare histology and FF-OCT, we describe in this section histology contrast
and procedures.

It is commonly said that Marcello Malpighi is the precursor of modern histology, as he was the first
scientist to carefully describe micro-anatomic features of plants and animal tissues by the end of the
17th century with the first microscopes [48,49]. Since then, histology has continuously benefited from
advances in chemical labeling and fixatives, and has benefited from a better understanding of tissue
nanostructures and organization thanks to electron microscopy [50]. It now benefits from an extensive
literature, and from digital atlases [51–53] enabling direct comparisons with normal or pathological
slices of most tissues. However, the basic microscopy principles have mainly remained unchanged since
the beginning of histology. They consist of imaging a thin slice of a sample with a simple transmission
optical microscope. Since light absorption and scattering by biological structures exhibit a low contrast,
histology commonly uses chemical agents to reveal specific contrasts of interest [54–56]. The most
common staining uses two associated stains, Hematoxylin and Eosin (H & E), that respectively label
chromatin and chromosomes in blue, and cytoplasm in red. Hemoglobin usually appears orange,
and collagen fibers appear pink. This staining is particularly versatile, as it can be used with a variety
of fixatives. A wide range of different staining can be applied to a tissue slice. We can non-exhaustively
evoke Golgi staining that labels 1% to 2% of neurons with silver that absorbs light to appear dark,
Nissl staining that labels nucleic acids, or tetraoxide osmium that labels unsaturated lipids and
lipoproteins. If many subcellular structures can be selectively labeled, it is often difficult to combine
different stains in a single slide. However, using specific labels imposes a prior knowledge of the tissue
composition, and of the pathology, and some unlabeled biomarkers could be missed.

Moreover, histology requires tissue fixation, performed either chemically or by freezing the
sample, and physical slicing of the tissue, usually performed by a microtome. The fixation first goal
is to harden the sample to be able to cut it in thin sections. However, fixation can introduce strong
artifacts, as it often removes lipidic structures, and can increase the tissue volume. The physical slicing
can induce physical damage, notably in neuronal tissues, in which many axial neurites are usually cut,
leading to neuronal death. Finally, these two steps are usually time consuming, and can lead to the
physical destruction of the samples if not adequately performed.

In the case of histopathology, the tissue is often fixated by replacing water by paraffin, and is then
sliced in 4 to 5 μm slices. For each slice, the dyes have then to diffuse through the paraffin scaffold.
In total, these processes can last for a few days.

In the case of intra-operative histology, the time allowed to the pathologist is usually not more
than 15 to 30 min. To meet these time requirements, the sample is frozen, and directly sectioned and
colored. However, many tissues, such as fat, brain, or retina, are not well suited for this process,
and the number of available labeling is limited.

On the other hand, OCT was only invented 25 years ago, and its full-field version is 18 years
old, so comparatively little literature and atlases can be found [57]. However, OCT and FF-OCT
provide a label-free, and optically-sectioned imaging. This means that imaging can be performed
right after tissue extraction, which can provide a very fast diagnosis, and could even ideally provide
an intra-operative diagnosis to efficiently define a tumor margin for example.
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The main advantage of OCT is its virtual sectioning ability, enabling imaging at a few hundred
microns below the tissue surface, hence reasonably far from the sectioned surface no matter which
section is required [58]. To completely remove slicing artifacts and reach large depths, OCT systems
have successfully been coupled to a vibratome, in a procedure where an entire volume is imaged
before a physical slice smaller than the imaged volume is performed [59].

Additionally, OCT systems capture the light naturally backscattered by the sample, without
using any label. Working label-free can be advantageous, as staining artifacts can be avoided, and as
it can importantly reduce the time prior to imaging. On the other hand, the recorded signal often
lacks specificity. The obtained contrast is complicated to predict, as it is described by multi-scale
complex theories, notably combining Rayleigh and Mie theories, depending on the scatterer size [60].
However, for a given tissue, the obtained contrast is highly reproducible, so the diagnosis performance
could be increased only by simply better characterizing the typical contrast obtained on each tissue,
and each condition.

Quite generally, we can nevertheless emphasize the strong ability of FF-OCT to detect high
refractive index (high lipid or high fat content) fibers, such as collagen fibers [8], myelin fibers [61],
and even some large unmyelinated axons in the eye [62]. Moreover, in terms of contrast, looking at the
backscattered light can differ substantially from transmission microscopes in thick samples. However,
one can assume that for thin slices, the contrast in reflection is mainly the inverted contrast for scattering
structures and the same contrast from absorbing structures compared to a transmission microscope.

The label-free ability of OCT has a final practical advantage, since the imaging can be performed
prior to any tissue modification. It means that the same tissue can be further used for another procedure,
including a standard histology procedure [8], or fluorescence labeling. It is usually preferred to perform
the OCT imaging before any sample modification, as OCT signal alteration can occur after fixation,
depending on the tissue content [62] (especially since fixatives often remove lipidic structures of the
cells). Keeping this in mind, it is nevertheless possible to perform histology-like measurements in fixed
tissues [58].

Scanning OCT has also been used successfully to perform histology-like measurements [58,63–65],
and to detect tumor regions [66,67] through changes in the collagen content [68], the tissue
microangiogram and backscattering [69], or in the tissue fractal dimension [70]. However, we believe
that the high resolution of FF-OCT can significantly improve the diagnostic abilities of OCT [8,17].
With higher numerical apertures, the light collection is improved which helps to reveal more structures
and increase the signal-to-noise ratio for the calculation of backscaterring coefficients or fractal
dimensions [40,71]. Signal from cell contours and from intracellular structures can also be detected.
This will be described in Section 5 on Dynamic FF-OCT. Finally, the en face view of the sample is quite
natural for histologists, as it looks similar to histology slides. FF-OCT is also faster than scanning OCT
to record a single en face image.

Figure 2 shows a comparison between FF-OCT and a regular H & E histology in a breast
sample, the organization of which is altered by a ductal carcinoma in situ (DCIS). FF-OCT notably
reveals normal adipocytes, normal and abnormal collagen fibers (based on their scattering strength),
and enlarged ducts. These indicators are characteristics of DCIS, that could be identified with 90%
sensitivity and 75 % specificity in this case [14].
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Figure 2. Comparison between FF-OCT and Histology. (A,B) Large field image of a breast sample
affected by ductal carcinoma in situ (DCIS) acquired with FF-OCT (A) and histology (H & E staining;
(B–E) Zoom in from boxes represented in panel A, respectively showing a normal fibrous tissue,
enlarged ducts, and the collagen organization around the carcinomatous cells in a tumorous region [14].
These images have been acquired by LLTech, and are displayed here with their authorization. Scale
bars in A and B represent 1 mm, and 200 μm in C to E.

4. FF-OCT and Biomechanics

Since the early beginning of medicine, palpation has been used to qualitatively assess abnormal
tissue stiffness associated with several diseases. Palpation-based diagnosis of heart, abdomen,
and wounds diseases or infections has been reported in many ancient cultures, such as Greek, Egyptian,
or Chinese medicine [72,73]. The mechanical properties of tissues and cells are mostly related to their
structure and function, and changes in a tissue’s biomechanical properties can reveal its pathological
state [74]. Notably, biomechanical changes can include the stiffness increase due to an extracellular
matrix accumulation, including collagen accumulation, associated with liver fibrosis, and ultimately
cirrhosis [75,76]. Moreover, tumor development significantly and progressively impacts the tissue
biomechanics [77]. More importantly, the tumor stiffness actively increases its progression, and thus
its malignancy, partly through a mechanically-induced molecular circuit, leading to the reduction in
the number of tumor suppressors [78]. Therefore, not only tissue stiffness, but also stiffness anisotropy
can be used as relevant diagnosis parameters.

In the 1980s, the thorough and quantitative measurement of tissue elasticity was developed, giving
access to stiffness in the approximation of purely elastic deformation of tissues. Elastography has been
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introduced in biomedical imaging with ultrasound and MRI elastography [79,80], and has been proven
to be a precious diagnosis biomarker for physicians since then [81,82]. In this paper, we will only
discuss tissue biomechanics in comparison to palpation-based diagnosis, and therefore at macroscopic
and mesoscopic scales. However, we can add that cellular and molecular biomechanics can also be
significant biomarkers of diseases, but they stay difficult to measure in tissues. To our knowledge,
the most promising technique to study microscopic biomechanics inside a tissue is fluorescent FRET
sensors [83].

In OCT, mechanical contrast has been introduced by Schmitt in 1998 [84]. Since this pioneering
work, many methods have been developed with success such as 2D, 3D, static or dynamic
elastography [84–88]. In FF-OCT, our group adapted two similar approaches to measure mechanical
contrast. The first approach is a static method based on a finite element 3D correlation algorithm
that gives access to the 3D local strain tensor inside the samples [20], giving access to the local shear
modulus, which is itself proportional to the tissue elasticity, or stiffness for soft tissues. The second
approach is a quantitative dynamic method based on shear wave speed imaging, inspired by similar
experiments performed in ultrasounds developed in our lab. Using a fast FF-OCT system working at
up to 30,000 frames per second, we could measure the local shear wave speed which is directly related
to the local shear modulus [38].

In this section, we present a brief description of both methods and some results obtained on
biological samples.

4.1. Description of the Different Mechanical Parameters and Approximations

Before describing how it is possible to optically measure tissue biomechanics, we briefly
summarize here the numerous different mechanical parameters that can be found in the extensive
literature on tissue biomechanics. We will emphasize the relationship between these parameters,
and their relevance for diagnosis.

Most studies in MRI, as well as in ultrasound or optics, focus on the elastic properties of tissues,
meaning the reversible linear deformation ε caused by a small mechanical stress σ. In the elastic regime,
and neglecting viscosity, the generalized Hooke’s law gives:

σ = C.ε (1)

where C is a fourth order tensor, named stiffness tensor, that depends on the mechanical parameters of
the sample. All the other parameters that we will describe are elements of this fourth order tensor,
and are usually obtained when the dimensions of the generalized problem are reduced. For example,
Young’s modulus E corresponds to the linear coefficient that relates a purely axial stress, and its
associated deformation along the stress axis. In this case, the problem is reduced to a single dimension:

E =
ε

σ
(2)

We can add that Young’s modulus is qualitatively the main measurement that is performed with
manual palpation. Basically, the first information that one can get with manual palpation is how the
tissue resists to an axial deformation or stress, which is given by the Young’s modulus.

From Equation (1), it is easy to realize that a given sample is not only deformed in the direction of
the stress, but can also be deformed in the transverse direction, with a preferential axis for anisotropic
material. We will describe in Section 4.2 an example metric to quantify the local anisotropy of a sample.

In addition to these parameters, many mechanical measurements rely on shear wave speed
measurement that we will describe more carefully in Section 4.3. The mechanical parameters on which
the propagation of mechanical waves depend are simply defined as a result of the wave equation in
a medium of a given stiffness. Inside biological media, two waves can propagate [89]: A longitudinal
wave that corresponds to compression and traction of the medium with a mechanical displacement
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parallel to the direction of propagation. Additionally, shear waves can propagate, which correspond to
perpendicular mechanical displacements with respect to the direction of propagation. The two waves
propagate at speeds cL and cshear respectively that are controlled by the mechanical parameters of the
medium. We can therefore define the bulk modulus K, and the shear modulus μ with:

cL =

√
K
ρ

(3)

cshear =

√
μ

ρ
(4)

where ρ is the medium local density. These parameters are related to Young’s modulus [89]:

E = μ
3K

K + 1
3 .μ

(5)

Finally, for soft tissues, which represent most biological tissues, except bones, the bulk modulus is
much larger than the shear modulus. Bulk moduli of biological samples range from 1 GPa to 10 GPa,
while shear moduli range from 0.1 kPa in the brain to 0.1 GPa in epidermis and cartilage, and up to
10 GPa in bones [90]. When considering Equation (5) for soft tissues, the Young’s modulus becomes
dependent on the shear modulus only:

E � 3.μ � 3ρc2
shear (6)

With such approximations, we have shown that it was possible to locally measure the Young’s
modulus by measuring the propagation speed of shear waves.

4.2. Static Elastography Based on Digital Volume Correlation (DVC)

The principle of the static approach is to register a volumetric image before and after mechanical
solicitation of the sample [20]. From these two sets of images, we can estimate the 3D local displacement
field, �u, inside the sample using a finite element 3D digital image correlation algorithm developed by
S. Roux and his team [91,92]. From the optically measured 3D displacement field, we can calculate the
3D strain tensor ε:

ε =
1
2
( �grad(�u) + t �grad(�u)) (7)

However, biological samples can be very complex and mechanically heterogeneous. This complexity
usually prevents direct access to the local stress tensor and so, in most cases, methods based on digital
image correlation are limited to strain contrast and do not provide quantitative stiffness information.
This is the main limitation of this type of approach but already the strain information recreates a sort
of “virtual local palpation” that can highlight mechanical heterogeneity at the micrometer scale given
by FF-OCT or OCT . From the local strain tensor, it is possible to extract different parameters that give
access to mechanical information such as strain magnitude or strain anisotropy.

• Strain magnitude

In order to quantify the strain magnitude, we chose to use an equivalent Von Mises strain
defined as:

∀�x, εeq(�x) =

√
2
3

tr(ε(�x)2) (8)

This parameter is independent of the base in which the strain tensor is expressed and allows
quantification of the strain amplitude in the case of incompressible media such as biological
samples. To illustrate this, we present strain amplitude maps calculated for a human breast tissue
in Figure 3A,B, which highlight mechanical differences.
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• Strain anisotropy

The full 3D strain tensor also allows calculation of eigenvalues and eigenvectors of the strain tensor
that gives access to information on the mechanical anisotropy of the sample. One should keep
in mind that, since the compression of the sample is generally performed along the optical axis,
the local stress field is inherently anisotropic. In order to display and to quantify strain anisotropy,
we mainly use two parameters. The first parameter is the principal strain direction. For each
pixel, the eigenvector corresponding to the largest eigenvalue of the strain tensor is calculated.
This vector gives the principal strain direction. For example, Figure 3C is a cross-sectional slice
from the volumetric FF-OCT image of a rat heart. In the FF-OCT image, it is difficult to evaluate the
fiber direction, and the two different fiber orientations are not visible. However, if the projection
angle of the principal strain direction vector on the plane perpendicular to the compression
(see Figure 3D) is plotted, it is clear that there are two different fiber orientations.
Another parameter used to quantify the strain anisotropy is the fractional anisotropy FA.
In a similar manner to classical diffusion tensor imaging (DTI) in MRI [93,94] or ultrasound [95],
we define the fractional anisotropy as:

FA =

√
3
2

√
(ε1 − ε)2 + (ε2 − ε)2 + (ε3 − ε)2√

ε2
1 + ε2

2 + ε2
3

(9)

where ε1, ε2 and ε3 are the strain tensor eigenvalues and ε is the mean of the absolute value of the
strain tensor eigenvalues.
Using this parameter, it is possible to differentiate isotropic from anisotropic strain. In Figure 3E,G,
we show that computing the fractional anisotropy in isotropic and anisotropic polyvinyl alcohol
(PVA) polymer gels [96] enables discrimination of the two samples, in a case where FF-OCT fails
to detect a difference.

In parallel to our work on 3D digital image correlation, we adapt the “tactile” approaches
developed by Kennedy et al [97] for standard OCT. The principle is to use a thin layer of polymer
deposited on the imaging windows to mimic manual palpation at the micrometer scale [98]. Knowing
the geometry and the mechanical properties of the polymer layer, it is possible to directly measure
the stress at the surface of the sample by measuring the displacement at the surface of the polymer
layer. With FF-OCT, the 2D en face displacement can be measured by taking the difference between
two phase images taken at the surface of the polymer before and after the compression. This method
allows a fast stress measurement at the surface of the sample simultaneously with FF-OCT imaging.
This method is particularly interesting in the case of micro-biopsy where different tissues are usually
juxtaposed. Figure 3I,J show a measurement on a biopsy of bovine kidney. At the micrometer scale,
the stress map shows different mechanical behaviors for the muscle fibers and the kidney at the same
stress level. The higher pressure at the muscle fiber level shows that this part of the sample is stiffer
than the kidney area because the polymer is more deformed by this tissue. According to an experiment
that consists of the observation of the tissue behavior during the compression, the pressure is negative
at the kidney level because the tissue tends to move sideways. The negative pressure where there is no
tissue can be explained by the fact that the silicone is incompressible and needs to expand somewhere
to conserve its total volume. Finally, this picture shows the high resolution of this method because
each muscle fiber with 20 μm diameter can be distinguished by comparing the FF-OCT image and the
stress map.
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B

A

Figure 3. FF-OCT and biomechanical contrast in various tissues obtained with static elastography.
Panels A and B show a standard four-phases FF-OCT of an ex vivo human breast tissue and the
corresponding strain map (equivalent von Mises strain) after sample compression. As expected,
a greater deformation can be observed around the adipose inclusions (black domains in panel A)
when at the surrounding fibrous breast tissue. The color bar corresponds to a strain in percent from
0 for blue to 10 for red. Panel C corresponds to a FF-OCT cross-sectional image of an ex vivo rat
heart. In Panel D, we show the corresponding angle of the principal strain direction. The color bar
corresponds to the angle in degree from 0 for blue to 90 for red. Panels E and G respectively correspond
to 3D volumetric FF-OCT images of a mechanically isotropic and anisotropic polyvinyl alcohol (PVA)
polymers, and panels F and H correspond to their respective fractional anisotropy maps. The color
bar corresponds to the fractional anisotropy from 0 for blue to 0.7 for red. Panels I and J finally show
a standard FF-OCT image of a biopsy of bovine kidney, and its associated stress map obtained with the
"tactile" approach. The color coded stress map varies from −0.5 kPa in blue to 0.4 kPa in red. All the
orange scale bars correspond to 100 μm.

FF-OCT static elastography measurements can be performed with a standard FF-OCT system,
such as the LLTech commercial system [37], or can be associated with other multimodal FF-OCT
systems to diversify the types of contrast available. However, this technique can be computationally
intensive, and requires the calculation of two 3D stacks and a physical compression of the sample.
In total, the acquisition time can last for one to a few minutes, and the processing time for several
hours. FF-OCT static elastography measurements only require a static FF-OCT signal to correlate,
so penetration depth is only limited by FF-OCT capabilities.

4.3. Transient Elastography Based on Shear Wave Imaging

Transient elastography based on shear wave imaging is the second approach used to combine
elastography with FF-OCT [38]. Transient elastography based on shear wave imaging was introduced
in OCT by Razani et al. [99]. As shown in Equation (6), a direct measurement of the local shear wave
speed gives direct access to a quantitative value of Young’s modulus. Dynamic elastography methods
involve two steps: first, a shear wave is locally sent onto the sample; then, the shear wave propagation
is recorded. We were inspired by a technique named supersonic shear wave imaging, partly developed
in our lab, which uses the ultrasound radiation force to create short shear impulses and ultrafast
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ultrasound imaging to image the shear wave propagation [100,101]. We adapted this method to
FF-OCT by generating shear waves using an ultrasound system and by recording the generated
wave using a FF-OCT system operated with a high speed camera that can run at up to 30 kHz for
a 512 × 512 pixel field of view [38]. Shear waves were induced using a programmable ultrasound
scanner (Aixplorer R©, Supersonic Imaging, Aix-en-Provence, France), and a 15-MHz ultrasound
linear array (128 elements, pitch 100 μm, elevation focus at 12 mm, Vermon, France), as described in
A. Nahas et al. [38]. This system focuses ultrasonic beams for tens of microseconds in the sample, which
create a local radiation force, localized at the ultrasound focal spot and oriented along the beam axis.
In response to this force, the tissue relaxation generates a shear wave, polarized along the ultrasonic
beam and propagating transversely [90,102]. To increase the amplitude of the radiated shear wave,
an original solution consisting of successively focusing the ultrasonic beams at different depths along
the ultrasonic path is performed [38,102]. If the shear source is moved at a higher speed than the speed
of the radiated shear wave, the source induces constructive interference along a Mach cone between
all the generated shear waves, and the resulting wave can propagate with minimized diffraction over
a large area. For short ultrasonic bursts (shorter than one millisecond), the spatial distribution of large
tissue displacements initially corresponds to the acoustic intensity distribution, i.e., a cylinder with
a lateral extension of 200 μm and an axial extension of about 1 mm in this configuration. The shear
wave location can further be swept transversely by electronically focusing the ultrasound beam at
different lateral locations, without any mechanical translation involved. The pressure levels involved
are within the limits set by the Food and Drug Administration (FDA) for the application of diagnostic
ultrasound in several organs.

By taking advantage of the interferometric sensitivity of FF-OCT to small axial displacement,
we can further detect the propagation of the shear wave with high sensitivity. Unfortunately, high
speed cameras do not offer large full well capacities (and it would be hard to generate hundreds of
thousands of photoelectrons per pixel at 30 KHz), so our axial sensitivity is about 10 times lower than
in our standard systems. Nevertheless, we could successfully follow shear waves in a sample and
calculate their local speeds, by computing the temporal cross-correlation between neighboring pixels.
One such propagation in an ex vivo brain tissue is shown in Figure 4. To better capture the propagation
in time, we did not modulate the reference piezo, but only recorded direct images. However, we get
rid of the incoherent intensity captured by the camera by subtracting the direct images to a few initial
frames captured before the generation of the shear wave. The signal of each pixel is therefore directly
proportional to the cosine of the phase:

Idi f f = I0.aδ[cos(
2πδ

λ0
+ ϕ(t))− cos(

2πδ

λ0
+ ϕini)] (10)

where aδ is linked to the backscattered wave amplitude interfering with the reference signal; δ is
the path length difference at the considered pixel; λ0 the central wavelength; ϕ(t) the relative phase
that depends on time; and ϕini the initial phase. In Figure 4, we can see the wavefront of the shear
wave crossing the field of view. With this method, we measured a shear wave speed of 0, 64 m·s−1,
corresponding to a Young’s modulus of 1.25 kPa, which agrees well with the literature [103,104].

We should add that although this dynamic measurement seems quite promising, it is performed
here in an ideal case, since the brain is one of the softest tissues of an organism, and is quite reflective.
In other cases, dynamic elastography FF-OCT can be challenging mainly due to current technological
limitations. Indeed, we could not find any high sensitivity and high speed camera with parameters
which would be sufficient to accurately follow shear waves in most tissues. However, since the shear
wave source is controlled here, it should be possible to average several measurements to increase the
sensitivity, or to perform a stroboscopic measurement by shifting the time delay between the shear
wave generation and therefore measure the wave propagation with lower speed cameras. Ultimately,
a shear speed can be calculated from only three measurements, so mechanical maps can be computed
almost at video rate with dynamic elastography FF-OCT, and has been demonstrated at several
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thousand frames per second here. Here again, the penetration depth is only limited by FF-OCT
characteristics. However, due to the low sensitivity provided by fast cameras, the penetration depth is,
in practice, limited to 50 μm.

Figure 4. Dynamic elastography performed with FF-OCT by measuring shear wave propagation.
This figure displays different FF-OCT images of an ex vivo rat brain recorded at 30,000 Hz with
a field of view of 471 × 235 μm2, and their evolution during shear wave propagation. Panel A shows
a standard four-phase FF-OCT amplitude image of the sample. Panels B to D show the evolution of
direct images after subtraction of the incoherent intensity, during shear wave propagation. Panels B
to D have been respectively acquired at t = 0 ms, t = 4 ms, and t = 5 ms after the shear wave
emission. Finally, Panel E shows a plot of the temporal evolution of the average image intensity along
the y axis. The horizontal scale bars represent 50 μm and the vertical scale bar 1 ms.

To conclude this section, we have shown that FF-OCT can be coupled with elastography to
measure the local mechanical parameters of a tissue. In terms of coupling with biomechanical contrast,
FF-OCT and standard OCT measurements are not very different, since they rely on similar techniques
to generate the mechanical contrast. Although FF-OCT-based mechanical measurements should
theoretically have an isotropic 1 μm resolution, we could never measure any relevant differences at this
scale. Additionally, the mechanical models used to link local deformations with mechanical stiffness
are mesoscopic models, whose validity can become questionable when decreasing the resolution below
10 μm.

We should add that as the deformation is applied along the optical axis, it seems more natural
to look at its propagation in the transverse plane, especially when looking at shear waves. Therefore,
FF-OCT, or any other en face OCT techniques should be well adapted for such dynamic mechanical
measurements. However, mainly due to current technological limitations, these measurements are still
difficult to perform in FF-OCT.

Finally, a promising technique, named passive elastography [105,106], allows one to measure
dynamic mechanical parameters in the case where the sampling rate that is lower than the shear
wave propagation has recently been demonstrated in spectral domain OCT in our lab [107]. Passive
elastography is well adapted to FF-OCT measurements, and is currently under development in
our group.
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5. Dynamic FF-OCT

In this section, we will briefly review D-FF-OCT, including details of available contrasts and
structures that can be revealed, and we present a few potential applications.

We developed dynamic full-field OCT (D-FF-OCT), inspired by the work on quasi elastic dynamic
light scattering and other dynamic measurements to measure biological activity [33,108–113].
We therefore wondered whether the intracellular movements and vibrations can be important enough
to modulate the optical path length of our interferometer by themselves, even without reference piezo
modulation. Interestingly, we found out that in fresh biological samples, calculating the standard
deviation of the interferometric signal over time gives a substantially different contrast in comparison
with the regular FF-OCT signal. We discovered later that this dynamic signal was related to cellular
metabolism [39]. Interestingly, D-FF-OCT can access motility contrast in 3D, taking advantage of the
FF-OCT low coherence to only select the phase variations at a given plane.

Now, what we generally name D-FF-OCT is a set of mathematical techniques to analyze the temporal
fluctuations of the FF-OCT signal. Trying to understand and quantify these fluctuations, we were
inspired and influenced by similar measurements performed with more standard OCT [4,114–116],
other interferometric techniques [33,111], or general dynamic techniques [117].

The new contrast revealed by D-FF-OCT originates from a different interpretation of the temporal
fluctuations of the signal. In regular FF-OCT, the temporal fluctuations are averaged out to increase
the signal-to-noise ratio of strongly backscattering structures. On the contrary, in the first versions
of D-FF-OCT [39], we emphasized the amplitude of fluctuations of the signal by calculating the
standard deviation, as described previously. This amplitude of fluctuations not only depends on
the backscattering strength, but also on the scatterers dynamics inside a given voxel. An interesting
layout of D-FF-OCT is to remove the piezo modulation, since the incoherent light varies less, and more
slowly than the interference term. In such a configuration, the backscattering amplitude and the phase
fluctuation amplitude are coupled in the final image. However, we found out that D-FF-OCT images
calculated from four phase signals are often less contrasted, so we often stop the piezo movement and
only acquire direct images.

To extract more information from intracellular dynamics, we now try to emphasize not only the
amplitude of fluctuations, but also the timescales of variations. We measured the interferometric signal
autocorrelation to extract two characteristic times, and could measure the metabolic-related effects
of a drug that depolymerizes F-actin [40]. Similarly, we also emphasize fluctuation timescales by
calculating the Fourier transform of the time signal at a given pixel, or set of pixels. Then, we integrate
the signals between different frequency bands to measure the dynamic signal originating from different
timescales. We displayed the values by using an HSV color space, with the central frequency as the
hue, the spectral width as the saturation and the amplitude of fluctuations as the value for each pixel of
an image. This method is illustrated in Figure 5B,E, and enables segregation of cell populations based
not only on their shapes but also on their fluctuation dynamics. We can distinguish cells with highly
dynamic membranes, such as red blood cells [118] or lymphocytes [119] from slowly varying cells.

Finally, both our group and H. Ammari et al. [120] also used singular value decomposition (SVD)
to better separate large structures that are slowly varying from smaller structures that are varying
more rapidly. SVD can also eliminate slow movements from all the samples, similarly to what was
obtained in ultrasound [121].

Although the location of cell bodies can often be inferred from the FF-OCT image in regions
with low signal, D-FF-OCT can distinguish between a cell and a local oedema (which appears black
in D-FF-OCT) for example, and gives a better precision of the cell contour. For example, in Figure 6
and in the cortex region of coronal brain slices, the position of neuron somas can be inferred from the
FF-OCT image, but the dynamic image can better reveal individual neuron shapes and sizes, from
which the neuron type might be inferred (pyramidal or stellate neurons). Ultimately, the identification
of cortical layers can be performed in situ.
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Figure 5. Dynamic FF-OCT accessible contrasts. (A,B) Same field of view of an ex vivo subcutaneous
pancreatic tumor respectively with FF-OCT and D-FF-OCT. Panel A shows a fibrous environment
dense in collagen fibers without specific cues of cancerous cells. On the other hand, panel B identifies
slowly varying cell bodies (in blue), and rapidly varying immune cells (bright white cells); (C,D) Zoom
corresponding to the white areas of panels A and B respectively; (E) D-FF-OCT image of a fresh rat
liver with 10X 0.3 NA objectives, based on a frequency analysis to compute the color. D-FF-OCT
can reveal hepatocyte cytoplasms, and nuclei (black region at the center of cells), organized along
stationary capillaries, characterized by the presence of rapidly varying red blood cells trapped inside;
(F) D-FF-OCT image of a similar fresh rat liver with 40X 0.8 NA objectives. The increased resolution
allows to better capture intracellular dynamics, and to capture some dynamic signal inside the nucleus;
(G) High resolution image of red blood cells trapped in a capillary of a fresh rat retina, acquired with
the 40X 0.8 objectives. The better resolution allows to capture the enhanced dynamics localized at the
red blood cells membrane.

In addition, D-FF-OCT may play an important role as a diagnostic tool as it can detect nuclei
in large cells (Figures 5E,F and 6). Nuclear size and shape is an important biomarker of cancer,
with higher nuclear to cytoplasmic ratios in tumor cells [122,123]. The nuclei mainly appear black
in D-FF-OCT, even though the inner dynamics of the nuclei are significant and usually faster than
cytoplasm dynamics [110]. Our hypothesis for the dark appearance of the nuclei is that nuclei are
more densely packed than cytoplasm, and appear somehow homogeneous at a 1 μm resolution. Inside
a homogenous nucleus, there should be no backscattering except on its contour and no dynamics
to image, which can explain why nuclei appear black in both FF-OCT and D-FF-OCT. Interestingly,
imaging cells with higher NA objectives, and with a transverse resolution below 500 nm, enables us to
recover some dynamic signal inside nuclei (See Figure 5F).
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Figure 6. D-FF-OCT as a histology tool for the brain. This figure presents a combination of FF-OCT
(Panel A) and D-FF-OCT (Panel B) in a thick coronal section of fresh ex vivo rat brain. This image has
been acquired at a few dozen microns below the section surface and presents the first cellular layers of
the cortex. It reveals both myelinated axons in FF-OCT, as well as the neuronal cell bodies in D-FF-OCT.
Panel C shows a frequency analysis performed in D-FF-OCT, which reveals highly dynamic nuclei in
red, neuronal cytoplasms with intermediate dynamics (mostly in green) and mostly static myelin fibers
in blue. The scale bar represents 60 μm.

Another interesting D-FF-OCT feature for diagnosis is its ability to detect red blood cells and
immune cells (See Figure 5B,D,E). Indeed, in ex vivo tissues, the red blood cells are trapped
inside the capillaries, and can be imaged even at low frame rates. Due to their strong membrane
fluctuations [118,124], they produce an intense and fast dynamic signal (See Figure 5E,G) on their
edges. Similarly, immune cells are known for their intense motility as they are constantly exploring
their environment and changing their shapes, as their protrusions are looking for abnormal markers
to suppress [119]. Interestingly, the nature of the immune cell might be inferred from their motility
coefficient [119]. Firstly, D-FF-OCT can therefore detect immune cells infiltration inside the tumors,
which seems to be correlated with the tumor grade [125,126]. Secondly, FF-OCT can usually detect
capillaries, but cannot make the difference between a blood vessel and a lymphatic vessel. Thanks to
the additional information from D-FF-OCT, and by detecting either red blood cells, or lymphocytes
in a vessel, a more accurate angiogram and lymphogram could be established in cancerous tissues.
Interestingly, correlations between an increase of the blood vessel density and tumor grades have
been well established for a long time ([127,128] among many others). Similar results with the
lymphangiogram have been obtained [129]. Quite generally, denser angiograms and lymphangiograms
increase the risk of metastasis.

D-FF-OCT is promising, when compared with digital holography techniques [33], dynamic
light scattering techniques [110], or quantitative phase imaging [124,130,131], as it provides optical
sectioning, and can access a motility-based contrast in 3D in scattering tissues with a subcellular
resolution. Additionally, compared with dynamic OCT techniques [116,132], we take advantage of
the higher spatial resolution to capture subcellular variations, which further enable the cells to be
revealed. To our knowledge, the contrast revealed by D-FF-OCT is therefore quite unique. Similar
dynamic measurements in OCT mainly focus on the blood flow velocity [116,133,134], even with high
transverse resolution [135] similar to ours, but, to our knowledge, they never directly show dynamic
signals coming from intracellular dynamics. We are wondering whether it comes from a loss in the
signal collection due to the use of lower NA illumination, from a difference in the algorithms used
(if only blood flow was expected), or from a difference in the exposure time per pixel.

In terms of multimodality, D-FF-OCT is attractive, as it does not require any modification from
a regular FF-OCT. It can be associated with any other dual modality system to provide three different
contrasts [41], as will be pointed out in the next section. D-FF-OCT is highly complementary to
standard FF-OCT especially in fibrous environments, as fibers are highly backscattering structures

105



Appl. Sci. 2017, 7, 236

and often hide cells entangled inside the matrix. However, fibers are usually still, while cells have
intracellular activity that produces a highly dynamic signal. Hence, D-FF-OCT can easily reveal
these cells, and suppress the stationary signal from the fibers. Nevertheless, one should keep in
mind that D-FF-OCT significantly lowers the acquisition rates of FF-OCT microscopy. Indeed, even
though each image is acquired at the camera frame rate, significant cellular dynamics occur in the
second timescale, which is not very compressible because it is mainly sample dependent. In practice,
our fastest D-FF-OCT measurements were at one to two seconds per plane that therefore expand
to several minutes for a 3D volume. As for penetration depth, D-FF-OCT shows similar features to
FF-OCT, except that the D-FF-OCT signal is often lost before the FF-OCT signal when going in depth,
mainly because D-FF-OCT is generally weaker. Nevertheless, we succeeded in imaging D-FF-OCT
signals at 100 μm in brain slices, or even through the entire retina, going through up to 200 μm.

6. Full-Field OCT and Fluorescence

In principle, usual histology staining and fluorescence techniques are quite similar, except
that fluorescence techniques use fluorescence probes instead of absorbing probes in histology.
Some fluorescence techniques have been part of the histology toolkit for decades [136], such as
immunofluorescence, which aims at detecting the interaction of a labeled antibody with a structure
of interest [137], or fluorescence in situ hybridization (FISH) ([138,139], Chapter 6), which aims at
detecting the interaction of a labeled nucleotide sequence with its specific complementary sequence in
a cell. More recently, confocal microscopy [140] and two photon microscopy [141] have been used in
order to detect fluorescent probes in depth in tissues. Interestingly, thanks to the optical sectioning
provided by these techniques, it has become possible to follow some fluorescent structures in ex vivo
tissues, and in vivo [142,143].

However, fluorescence techniques still require fluorescent labels, that need to be injected in the
tissue. It can take a long time before the label diffuses in depth inside a tissue. Moreover, and similarly
to classic histology stains, these labels only tag a few structures of interest, and it might be hard to
understand the organization of these structures inside their microenvironment. Multiple labeling can
be used to tag several structures, but it increases the complexity, and the cost of such experiments.

We can also add that usually, confocal and two photon microscopy can only access shallow
depth inside a tissue, down to a few hundred μm at best. OCT techniques on the other hand can
access deeper regions down to one millimeter, since the signal is often enhanced by the reference arm.
Recently, clearing techniques [144,145] with low tissue distortions have been developed in order to
increase tissue transparency, and to image through the entire tissue. OCT can also benefit from these
approaches [146], even if we would expect the intrinsic signal to be reduced in OCT, since clearing
tends to remove lipid structures and to average the refractive index fluctuations. However, it can
help to detect exogenous OCT contrast agent at important depths, such as metallic nanoparticles.
Here again, clearing processes are often long, and can induce tissue distortions.

Fluorescence and OCT techniques are quite complementary, and multimodal systems combining
the two can help with diagnosis, as we will illustrate throughout this section. Many such multimodal
setups have been developed with both scanning OCT approaches [5,147] and full-field approaches,
using either a flip mirror to switch from one modality to the other [18,148], or a simultaneous
approach [41,42]. If all these multimodal approaches share a common interest, scanning OCT
approaches are more easily combined with scanning fluorescence approaches, such as confocal or two
photon microscopies, whereas FF-OCT systems have been developed in combination with widefield
fluorescence techniques, such as structured illumination microscopy (SIM). SIM acquisition speed
intrinsically depends on the fluorescence camera frame rate divided by the number of grid modulation
steps. The SIM acquisition rate can go up to 100 frames per second in our measurements, even though
the usual frame rate limit comes from the fluorophores’ brightness, and from the minimal exposure
time required to produce a decent image. Interestingly, simultaneous combination of FF-OCT and
SIM [41,42] enable the parallel acquisition of both modalities, so images with both modalities can be
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acquired at more than 100 frames per second. However, SIM is not very robust to aberrations and
multiple scattering, and can hardly penetrate inside scattering samples after 30 to 50 μm. Nevertheless,
in mostly transparent samples, such as cornea or retina, with only a few structures labeled, we could
perform multimodal FF-OCT and SIM images through the entire sample.

The first interest of combining OCT with fluorescence is to identify structures that are captured in
OCT, in order to better understand and characterize OCT contrast [62]. The second interest is to use
fluorescence to reveal some structures, proteins, or ultimately any structure that cannot be captured by
OCT, therefore combining fluorescence molecular contrast with structural contrast from OCT. It can
help to understand how a structure of interest integrates and evolves inside its micro environment,
such as neurons in the intestine [149], or to find the location of stem cells in the cornea [12]. Figure 7
shows the example of imaging a tumorous intestine tissue, in which cell nuclei are labeled with
fluorescence. This image shows the complementary contrast that can be obtained with both modalities.
Additionally, with both sources of information, we can localize the cells on the contours of organized
structures, named intestine villi, indicating that this field of view has been acquired in a healthy region
of the cancerous tissue.

Figure 7. Revealing cells in tumors with FF-OCT/SIM. A fixed tumorous tissue of intestine is imaged
in FF-OCT (A); in fluorescence (B); and the overlay is displayed in Panel C. Fluorescence reveals cell
nuclei in the tissue. These images show that the cells are located within a well defined structure
captured by FF-OCT, indicating that we are imaging in a healthy part of the tissue. The scale bars
represent 40 μm.

A final interest, that is often neglected, especially in the context of histology, is that fluorescence
enables dynamic measurements that can probe the tissue biochemistry and its evolution, using
specific probes. For examples, fluorescence measurements can follow the electrical activity of cells by
quantitatively measuring their intracellular calcium concentration [150,151], or directly measure the
membrane potential [152]. It can be useful to assess the viability of a cortical or retinal explant from its
spontaneous activity, or can assess the endocrine pancreatic function, as insulin production is triggered
by calcium uptake. Fluorescence can also directly measure cell function by measuring the intracellular
ATP concentration [153], and can specifically detect apoptotic cells, with the ClickIt TUNEL assay
(ThermoFisher). This can be of major importance to study the efficiency of pharmaceuticals on
a cancerous tissue, as the cellular recovery of apoptosis within the tumor is usually a promising sign of
a treatment’s success.

Figure 8 shows the result of the ClickIt TUNEL assay (from ThermoFisher Scientific [154]) on
a fresh liver tissue. The tissue is first purposely excised with a corner shape to elicit and follow the
cell death propagation from the margin to the center of the tissue. After several minutes, the tissue
is imaged with FF-OCT and D-FF-OCT, and an inactive region (dark region from the tissue margin)
can be detected with D-FF-OCT (panels A to C). Directly after the imaging, the tissue is fixed, in order
to start the TUNEL assay and detect the apoptotic regions of this tissue. Unfortunately, this assay
requires fixed tissues, so we cannot overlay a D-FF-OCT, and a fluorescence image. However, we could
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detect that almost all cells in a 200 μm region from the tissue border were in apoptosis (panels D
to F). The fluorescence signal started decreasing as we went further from the tissue margin, and is
almost equal to zero at the center of the tissue. Figure 8 tends to show that apoptotic cells do not
produce a dynamic contrast, at least for cells in apoptosis for a long time. Surprisingly, this indirect
result is different from what was obtained with OCT measurements [155], where the authors showed
a decrease of the speckle decorrelation time (i.e., an increase of the intracellular activity) in apoptotic
cells. Explanations for this result may be the following: In contrast to G.Farhat et al. [155], we used
a brute force method to generate apoptosis, as we physically cut the sample, and imaged close to the
tissue edge. It is likely that the cells in the dark D-FF-OCT region are in late stages of apoptosis.
Moreover, since cells in apoptosis tend to dilute and homogenize their intracellular material [156],
it should lower the backscattered signal from the cell to a level that may be beneath our system
detection limit, thus creating a dark D-FF-OCT image, even if the dynamics have increased.

Figure 8. Imaging apoptosis with multimodal FF-OCT systems. This figure presents the imaging of
the edge of an ex vivo liver. Here, the liver has been excised with a triangular edge to illustrate the
propagation of cellular death from the excised edge. First, a large field FF-OCT and D-FF-OCT images
have been acquired with the commercial LLTech system (A, B and overlay in C) 30 min after the excision.
Then, the tissue has been fixed, and labeled with ClickIt Plus TUNEL Alexa 488 assay (ThermoFisher)
to reveal apoptotic cells; Panels D, E and F respectively show the FF-OCT and fluorescence signals
(and the overlay) acquired from the part of the tissue in the yellow box in panel A. In this region close
to the excised edge, almost all cells are apoptotic, as suggested by the low level of dynamic signal in
panel B. Scale bars for panels A, B, and C represent 125 μm, and scale bars in D to F represent 40 μm.

7. Comparison with Other Popular Novel Microscopies

As previously pointed out, although fixation and labeling protocols have been greatly improved
these past years in histology, this field could still benefit from the important technological developments
that optical imaging has known over the past twenty years. So far, we compared FF-OCT and its
multimodal versions to standard histology procedures. However, to be fair, we should also compare
them to other recently developed optical techniques, such as multiphoton microscopies, and coherent
anti-Stokes Raman scattering (CARS) microscopy, that also are label-free and enable optical sectioning.
Similarly to OCT, these techniques rely on the intrinsic properties of tissues to generate contrast.
They both can provide optical sectioning, since they rely on the combination of two or three photons,
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that can statistically only happen at the focal plane where the power density is high enough. Second
harmonic generation (SHG) is measured in dense non-centrosymmetric structures, such as microtubule
bundles, and collagen I fibers [157]. Third harmonic generation (THG) is measured at interfaces
displaying high index mismatch, such as cell or nuclear contours, and lipid droplets [158]. Both
techniques, especially when combined, are therefore useful to study 3D tissue organization, e.g., in the
cornea [159], or in developing embryos [160]. The association of the two techniques gives a contrast
similar to FF-OCT, but non-linear microscopes are a little more sensitive and specific than the FF-OCT
signal, and can be naturally combined with two-photon fluorescence microscopy [161]. The transverse
resolution is often higher than FF-OCT, as high NA objectives are required to generate a high power
density at the focal point. We can add that SHG has already been extensively used to assess tissue
disorganization, especially in the context of liver fibrosis [162]. A commercial SHG microscope for
histology is already available at HistoIndex [163].

CARS [164], and its hyperspectral version [165], are other promising non-linear techniques for
histology, which reveal a high density of either a single or multiple molecular vibrations inside
a sample. Interestingly, CARS is one of the only techniques that is both label-free, and specific at
the molecular level, as vibration spectra of given structures can be measured, and computationally
extracted [166]. It is therefore one of the most promising label-free techniques today for quantification
of tissue structure, and molecular content. Unfortunately, to our knowledge, there is no commercial
CARS system available, and CARS systems often require careful and time consuming alignment steps.

Finally, we can add that all these techniques are based on non-linear processes that require similar
kinds of sources, i.e., femtosecond lasers, and can be ingeniously combined all together from a single
laser source [167]. However, such non-linear processes are quite weak. They typically display a low
signal-to-noise ratio, especially in dense tissues, and often require long exposure times to generate
a measurable signal. Combined with high NA objectives, the measurable field of view within one
hour of imaging is fairly limited. Additionally, femtosecond lasers are expensive, especially compared
with FF-OCT sources that are simple thermal light or LEDs. Finally, as non-linear processes, SHG,
THG, and CARS signals are mainly forward scattered, so they often have to be used within thin tissue
sections (a few hundred microns to 1 mm). We can nevertheless note that multiple scattering happening
in highly scattering tissues allows the observation of non-linear processes in an epi configuration [164].

FF-OCT appears better suited than competing techniques for fast imaging of large tissue volumes
in the operating room, to complement frozen-section histology procedures.

8. Conclusions and Perspectives

Full-field optical coherence tomography is a modified version of OCT that can access
submicrometric resolution deep inside a sample. Similarly to OCT, it can provide label-free 3D
imaging of ex vivo tissues, and can perform measurements similar to histology in terms of contrast
and resolution. The interest of FF-OCT lies in its ability to obtain 3D images similar to histology with
almost no tissue preparation, which can reduce slicing, staining, and fixation artifacts. FF-OCT can
also significantly shorten the biopsy-to-diagnosis time, down to a few minutes. Unfortunately, FF-OCT
diagnosis scores are not yet 100% when compared with histology. In this review, we highlighted
three promising recent multimodal systems combining FF-OCT structural contrast with other specific
contrasts such as mechanical, motility, and molecular contrasts, providing hope that FF-OCT diagnosis
scores will increase in the future, and might even ultimately perform better than histology. We need
to add that despite our choice here, there are other promising multimodal systems that could be of
interest for diagnosis improvement. For example, polarization FF-OCT [21] can be used to increase the
sensitivity to fibers, and should be able to detect fiber disorganizations, similarly to OCT measurements,
e.g., that could detect polarization changes caused by age-related macular degeneration (AMD) or
glaucoma [168]. Multicolor FF-OCT [22] might also help the detection of subtle wavelength-dependent
scattering changes, related to tumor malignancy [69].
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Despite all these exciting developments, and the possibility to combine many different modalities
in a single optical system, we have to emphasize that a compromise will have to be found between
speed, processing time, compactness, penetration depth and the number of contrasts available,
especially when FF-OCT is used during surgery. We believe that a better characterization of FF-OCT
(and D-FF-OCT) contrasts that would be performed specifically for each tissue would help to increase
FF-OCT diagnosis ability, without even changing the optical design of the microscope.

Beyond the scope of histology, we hope that the development of such multimodal systems will
increase the potential interest in FF-OCT, not only as an ex vivo diagnosis tool, but also as a tool
to answer complex biological questions. We showed in this article that FF-OCT reveals a label-free
original contrast, and can be used either in ex vivo tissues, or in vivo in small animals. If scanning
OCT techniques were now to be extensively used in vivo and in clinics, FF-OCT would suffer
from the slow speed of 2D detectors that do not allow a dynamic correction of the sample position,
which could cancel the sample motion; in vivo implementation is therefore challenging. However,
a few in vivo experiments have been successfully performed in paralyzed or anesthetized small
animals [35,61], and in human skins pressed against an imaging window. We recently successfully
performed a simultaneous FF-OCT, D-FF-OCT, and fluorescence measurement in living zebrafish
larvae. We illustrate our ability to obtain a motility contrast in vivo, even in the presence of blood
flow in Figure 9. The dynamic signal is saturated in the blood vessels, and below, but cells can
be detected in between the vessels. Additionally, an important effort is being made to enable
FF-OCT measurements in patients, with the recent development of two adaptive optics FF-OCT
systems [169,170] for retinal imaging, a FF-OCT system coupled with an OCT system to dynamically
compensate for eye motion for cornea and retina assessment, and a dark field FF-OCT system [171]
to record internal fingerprints. Additionally, our group recently developed an en face matrix based
approach of OCT, which allows to increase the penetration depth by a factor of two [172], and could be
advantageous for in vivo experiments.

Figure 9. In vivo dynamic FF-OCT in a 2 dpf zebrafish larva. Despite strong phase variations caused
by the blood flow, which generates a strong dynamic signal, some cells can still be revealed in between
the capillaries. The scale bar represents 40 μm.
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Finally, we are now interested in the development of functional imaging in FF-OCT, in fresh
tissues, or in living animals, either by measuring changes in the blood flow, similarly to what has been
achieved in OCT [132,173], or by directly measuring changes in the tissue biomechanics, or cellular
activity. We believe that diagnosis capabilities will further benefit from this research, since it might
soon be possible not only to detect static structural changes in a tissue, but also to detect how it reacts
to different stimuli, or different drugs.
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Abstract: Though artificial ventilation is an essential life-saving treatment, the mechanical behavior
of lung tissue at the alveolar level is still unknown. Therefore, we need to understand the tissue
response during artificial ventilation at this microscale in order to develop new and more protective
ventilation methods. Optical coherence tomography (OCT) combined with intravital microscopy
(IVM) is a promising tool for visualizing lung tissue dynamics with a high spatial and temporal
resolution in uninterruptedly ventilated rats. We present a measurement setup using a custom-made
animal ventilator and a gating technique for data acquisition of time-resolved sequences.

Keywords: optical coherence tomography; OCT; mechanical ventilation; lung imaging

1. Introduction

Lung diseases and related affections of the body are one of the most common diseases in the
industrial world [1]. Therefore, suitable treatment strategies are necessary using protective mechanical
ventilation that shows a significant reduction in morbidity and mortality of affected patients [2,3].
Beside this effort, a detailed understanding of the mechanical transactions in alveolar lung tissue is still
lacking. Hence, the choice of appropriated ventilation strategies and parameters during mechanical
ventilation is essential to avoiding vast damage in sensitive alveolar tissue and to assure a patient’s
treatment success. A proper decision should be based on the detailed knowledge of tissue behavior
during ventilation with respect to the particular disease. Common imaging techniques such as CT or
MRT used in human diagnostics are not appropriate for investigating the ventilation effects on the
microscale of alveoli. Therefore, it is of great medical and scientific interest how mechanical ventilation
affects lung tissue on the alveolar level of gas exchange. Detailed insights into lung tissue behavior can
be achieved in animal experiments using high-resolution imaging methods such as optical coherence
tomography (OCT). In combination with intravital microscopy (IVM), both imaging techniques allow
for the visualization of alveolar structures with a high spatial resolution [4,5]. Further information can
be gathered investigating the tissue dynamics. This challenging task is commonly solved by high-speed
OCT systems using Fourier-domain mode locked lasers [6] with the disadvantage of either a small scan
area or a bad spatial resolution. Therefore, in the presented study, we used a custom-made ventilator
and a new gating algorithm for image data acquisition to get new insights into lung tissue behavior
on the alveolar level during uninterrupted mechanical ventilation in rats. These measurements can
promote the understanding of alveolar mechanics and the effort for the development of more protective
ventilation strategies.
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2. Materials and Methods

2.1. Imaging Setup

The imaging system used for the investigation of lung tissue dynamics during ventilation is
a combination of OCT and IVM using the same beam path in one scanner head. The custom-made OCT
setup is described in detail by Meissner et al. [7]. Shortly, the system consists of a superluminescence
diode (Superlum, Moscow, Russia) centered at 845 nm with a FWHM of 50 nm. As OCT is based on
the use of a Michelson interferometer, the emitted near-infrared light is separated into a reference
beam and a sample beam. The sample beam is deflected using two galvanometer scanners (Cambridge
Technology Inc., Cambridge, MA, USA) to perform a 2D-scan pattern (x and y) over the sample.
The scattered and reflected light from different sample depths (z) is collected and superimposed with
the reference beam that was reflected on a mirror. This interference signal is spectrally resolved by
a diffraction grating and measured by a line-detector (Teledyne DALSA Inc., Bromont, QC, Canada).
The depth-dependent information is calculated by a Fast Fourier Transformation of the spectrum
and results in a depth profile of backscattered light called an A-scan. Displaying the logarithm of
the intensity from several A-scans at different transversal positions on an 8 bit grayscale results in
a cross-sectional view called a B-scan. The axial and lateral resolution are 11 μm and 6 μm in air,
respectively. The line scan rate is 12 kHz, which allows data acquisition of typical cross sections within
29 ms (320 × 512 pixels corresponding in this system to 1.28 × 2.8 mm (width × depth)).

For IVM, a high-speed video camera (acA2000-340 kc, Basler, Ahrensburg, Germany) in
combination with an adjustable liquid lens (EL-10-30, Optotune AG, Dietikon, Swizerland) is used
to acquire 2D surface images with a maximum framerate of 340 fps (frames per second) at a full
resolution of 2040 × 1088 pixels, which corresponds to a field of view of 3 × 1.5 mm using a four-fold
magnification (refer to Figure 1). Therefore, the IVM beam path is coupled into the same beam path
used for OCT by a dichroic mirror. Illumination for IVM is achieved by using a custom-made white
light LED ring at the bottom of the scanner head. The electrical lens is driven by a 20 kHz pulse width
modulated current signal allowing a focal shift of 5 mm within a 15 ms response time. This effectively
reduces the video image acquisition down to a maximum of 66 fps.

2.2. Image Acquisition and Data Processing

The focal plane of IVM was adjusted during artificial ventilation by tracking the pleural surface
using the depth information from OCT cross sections. Previous experiments with our animal model
have shown that lung tissue movement in the axial (z-) direction is limited to a maximum of 1 mm.
Using conventional ventilation settings (especially avoiding high inspiration pressure) in addition
to the physiological conditions of the thorax after surgery (refer to Section 2.3), the axial shift of the
lung tissue is typically 0.6 mm. In OCT cross sections, the signal-to-noise ratio (SNR) is reduced with
increasing depth (so-called “roll-off”). In former studies, the roll-off of our system was measured with
8 dB over 1.7 mm depth with an overall SNR of 87 dB. It means that an axial lung tissue movement
smaller than 1 mm has just minor effect on OCT image quality and vice versa that the whole tissue
movement can be visualized in the OCT cross sections (overall imaging depth 2.8 mm) without the
need of refocusing. Therefore, the size of the OCT cross sections is reduced to 64 × 512 pixels (width
× depth) leading to 8 ms per B-scan (125 B-scans per second). With this high temporal resolution for
visualizing tissue movement, the OCT signal can be used to keep the lung in focus for IVM. Hence,
the maximum intensity index, which always corresponds to the lung surface (brightest reflection at
air-tissue interface), is extracted from two successive OCT cross sections and the difference of the index
position in depth is calculated. Using a lens calibration curve obtained from preliminary tests, the new
lens current is set to match the new focus position to grab the IVM image. Because one breath cycle is
sufficient for an IVM recording, these video sequences were taken prior to the OCT data acquisition
and saved as a video file.
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Figure 1. Scanner head for combined image acquisition with optical coherence tomography (OCT) and
intravital microscopy (IVM). The adjustment of the focal plane for IVM is achieved by using a current
driven liquid lens. The control signal to track the lung surface is generated by calculating the axial shift
(in the z-direction) from successive OCT cross sections with a time gap in between of 8 ms (OCT image
size of 64 × 512 pixels). The two exemplary OCT cross sections show a lung tissue at max. inspiration
and max. expiration. The difference of lung surface in the z-direction between these two B-scans allows
for the estimation of maximal lung movement, which was 0.64 mm in the data shown in this paper and
up to 1 mm in former studies (not shown here). Both imaging techniques use the same beam path and
show the same region of interest. Illumination for IVM is performed by using a LED ring.

Three-dimensional OCT data were acquired using two galvanometer scanners mounted
perpendicularly to each other. For one single cross section, the first scanner deflects the light in
one direction to measure several A-scans forming the OCT B-scan. Adjacent B-scans were recorded by
tilting the second scanner, resulting in a three-dimensional image stack. As mentioned before, the line
scan rate of this system is fixed to 12 kHz, resulting in 29 ms for a single cross section (320 × 512 pixels)
and an overall measurement time of 9.2 s for an 3D image stack (320 × 320 × 512 pixels). As this
takes much longer than a ventilation cycle in rats, other ways to acquire 3D image stacks are needed.
Because the ventilation is periodic and changes in the viscoelastic properties of the lung are rather
slow, we collected image data over a longer time period and rearranged the image data afterwards.
Therefore, during one ventilation cycle, B-scans were acquired at the same line showing the axial tissue
movement in one plane with a temporal resolution of 29 ms (using an image size of 320 × 512 pixels).
That means that 34 cross sections can be acquired within a ventilation cycle time of 1 s (at an exemplary
ventilation rate of 60 breaths per minute). After each ventilation cycle, a trigger signal from the
ventilator sets the second scanner to the next position, and cross sections are grabbed continuously
at this new position. Each acquired B-scan within a ventilation cycle is consecutively numbered and
additionally marked by the corresponding cycle number. In a post-processing step, shown as scheme
in Figure 2, all B-scans are re-sorted by using the index number and the trigger number to form
the different 3D OCT stacks, each showing a different phase of the ventilation cycle. The general
reconstruction is shown in Figure 2 where the rearrangement of OCT cross sections from successive
ventilation cycles for the first 3D stack at the beginning of inspiration and the 14th OCT stack at
maximum pressure are visualized (inspiration to expiration ratio I:E = 1:1 see below). The overall
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amount of 3D stacks is 34 with a time gap in between of 29 ms corresponding to the acquisition time
for one single B-scan. All 3D stacks are combined to the resulting 4D OCT stack, which shows the
complete tissue movement during one breath although measured over several consecutive ventilation
cycles. As a consequence of this procedure, the number of volume data per cycle can be increased
either by decreasing the ventilation rate or by decreasing the size of the B-scans.

Figure 2. Example of 3D image reconstruction after measurement during uninterrupted artificial
ventilation using the numerical index and the corresponding trigger number. Inspiration (light green)
to expiration (light red) time ratio was 1:1. Each reconstructed 3D OCT stack shows a different phase of
the tissue movement within the ventilation cycle. This procedure is shown in this figure for the first and
the 14th 3D stack. Each first B-scan (marked by the numerical index 1) of the consecutive ventilation
cycle (marked by the increasing trigger number) is rearranged to form the first 3D stack showing the
tissue state at the beginning of the ventilation cycle. The 14th B-scan of each cycle is rearranged to form
the 14th 3D stack showing the tissue at maximum pressure.

2.3. Animal Preparation and Artificial Ventilation

All experiments were approved by the animal care and use committee of the local government
authorities (Landesdirektion Sachsen; AZ 24-9168.11-1/2012-17) and were performed in accordance
with the Guide for Care and Use of Laboratory Animals (Institute of Laboratory Animal Resources,
7th edition, 1996). An in vivo rat model was used for imaging subpleural alveoli. Therefore, female rats
(Sprague-Daley, 300 g) were anesthetized to a level at which spontaneous breathing effort is suppressed,
intubated with a tracheal tube, and ventilated with 60 breaths per minute in a pressure-controlled
manner from 2 to 11 mbar end-expiratory and end-inspiratory pressure, respectively. This deep
anesthesia also helps to prevent disturbances in image acquisition. Nevertheless, plateau pressure
controlled by servo loop and lung tissue response on overpressure ventilation can vary from cycle to
cycle, resulting in small variations of tissue position. Optical access to the lung tissue is necessary for
visualizing alveolar structures with OCT and IVM. Therefore, skin and muscle tissue between two ribs
was removed by keeping the pleura visceralis intact to maintain the physiological thoracic pressure
conditions. This procedure enabled a field of view of about 10 × 5 mm.
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Artificial ventilation was performed by a custom-made ventilator described in detail by
Schnabel et al. [5]. It consists of two independent custom-made syringe pumps and four magnetic
valves to control flow direction. The user interface allows online interactions and a change of ventilator
settings. It also provides measured parameters such as ventilated pressure and volume. A 5 V TTL
trigger signal is generated after each ventilation cycle and used for gated OCT data acquisition,
as described in Section 2.2. The measurement setup is illustrated in Figure 3. IVM and OCT are
controlled by one PC running a LabVIEW user interface. A second PC controls the animal ventilator
also using a custom-made LabVIEW program. The trigger signal is generated after each ventilation
cycle and provided as 5 V TTL signal to a data acquisition device (USB 6009, National Instruments
Germany GmbH, Munich, Germany) connected to the imaging PC, where it is used for continuous
OCT data acquisition.

Figure 3. Measurement setup for investigating lung tissue dynamics. The animal is anesthetized and
connected to the ventilator. Optical access to alveolar structures for OCT and IVM is achieved by
resecting a thoracic window without harming the pleura visceralis in order to keep the physiological
thoracic pressure conditions intact. The 5 V trigger signal generated from the ventilator is acquired
by the imaging PC using an USB data acquisition board. The IVM image sequence is measured
immediately before starting OCT data acquisition.

3. Results

The data acquisition during uninterrupted artificial ventilation with OCT and IVM was tested
prior to the animal experiments. A periodic pattern from a function generator mimicking the movement
of the pleura up to 1.5 Hz was applied to a loudspeaker with a structured target (data not shown).
This enabled us to verify the functionality of the surface-tracking algorithm for IVM and the continuous
OCT scanning mode with post-processing rearrangement of the acquired images.

Figure 4 shows exemplary measurement data during in vivo experiments. A collection of the
measurement data for IVM and OCT is provided as a supplemental video file online (Video S1:
4D imaging of alveolar dynamics in ventilated rats). OCT and IVM images at four representative
time points (during inspiration, at max. inspiration, during expiration and at max. expiration) were
chosen to better illustrate the different positions and structures of the alveolar tissue. The pressure-time
curve at the top of Figure 4 is a schematic of the used pressure-controlled ventilation mode during
experiments performed with a frequency of 60 breaths per minute (f = 1 Hz) from 2 mbar (positive
end-expiratory pressure) to 11 mbar (end-inspiratory pressure) with an inspiration-to-expiration ratio
(I:E) of 1:1.
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Figure 4. Visualization of lung tissue dynamics during artificial ventilation with OCT and
IVM. Pressure-controlled ventilation was performed from 2–11 mbar at a frequency of 1 Hz and
an inspiration-to-expiration ratio (I:E) of 1:1 showing a pressure-time course illustrated in the upper
diagram. The advantage of the tunable liquid focus lens for IVM can be seen by comparing first
and second rows. Most of the tissue movement cannot be imaged properly without focus adaption,
so structural information was lost. By using the focus lens, the lung surface can be kept in focal
plane over the whole ventilation cycle. The last row shows OCT enface images beneath the pleura
calculated from the 3D image stacks. Image reconstruction works well after continuous OCT data
acquisition especially in plateau phases (B and D). Small misalignments occur during phases of fast
tissue movement (high slope of the pressure curve). One example of corresponding alveolar structures
in both imaging techniques (OCT and IVM) is marked by the green and white circles. Scale bar is
150 μm.

It becomes clearly visible that the use of the tunable focus lens is essential to keeping the lung
surface in focal plane for IVM over the whole ventilation cycle (compare to first row in Figure 4 “IVM
without focus adaption”). Without tracking the lung surface, just a part of the video sequence (in this
example at end-inspiratory plateau) is sharp enough to distinguish tissue structures and alveolar
boarders. Compared to the second row of Figure 4, one can see the advantages of the electrically tunable
focus lens for visualization of the tissue movement in axial direction over the whole ventilation cycle.

The last row of Figure 4 shows the corresponding OCT data stacks after rearrangement of the
measured cross sections during uninterrupted artificial ventilation. OCT images show the average
tissue movement during one ventilation cycle as enface view calculated from the 3D OCT stacks
25 μm beneath the pleura visceralis. Thereby, the alveoli become visible and the tissue structure can be
compared to the IVM images (indicated by the green circle). During phases of high tissue movement in
inspiration and expiration, image reconstruction is affected by disturbances as a result of jitter, as the
B-scan was not synchronized to the ventilation or of the long overall measurement duration of 5.3 min
(34 3D stacks with 320 × 320 × 512 pixels). Therefore, tissue movement is not exactly identical in each
ventilation cycle, resulting in slight differences of the tissue structures within the OCT cross sections.
This problem was mostly fixed by alignment of the pleura position during post-processing using open
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source software FIJI [8]. With standard measurement parameters, the imaged area is 1.3 × 1.3 mm2

and the pressure step resolution of adjacent 3D stacks is 0.53 mbar (9 mbar/17 stacks half and half for
inspiration and expiration).

The advantage of OCT consists in the acquisition of real 3D image data, which provides more
accurate information about structure and structural changes during ventilation than 2D images can.
As an example, it is not completely clear from 2D IVM images whether all alveoli shrink during
expiration or whether some of them move deeper into the tissue and therefore disappear from the
image plane. This can be verified with 3D OCT data. For future experiments, the 3D volume of alveoli
in the different phases of the ventilation cycle will be measured. In this experiment, the analysis
of the area changes of the alveolar structures during ventilation was performed manually at five
exemplary alveoli from OCT enface images, due to the large amount of image data and to the fact
that no automatic algorithm for structure segmentation was yet available. All enface images were
taken at the same position, 25 μm beneath the pleura, to assure comparability of the measured area.
The segmentation was done manually in FIJI for five alveoli (marked by the numbers in the first image
of Figure 5). Cross sections of Alveolus 1 (marked with the green dashed line) were taken to verify
the findings from the enface segmentation regarding the area changes and the pressure-area loops
(diagram of Figure 5). To illustrate these changes during ventilation, all measured alveolar areas were
normalized to the area at end-expiratory pressure of 2 mbar. Therefore, all calculated pressure-area
loops start at 1 (axis of ordinate) and 2 mbar (axis of abscissae). The measured changes from expiration
to inspiration are within the range of 15%–25%, which is in good agreement to the results of other
studies [9,10].

Figure 5. Segmentation of alveolar structures from OCT images and visualization of the pressure-area
curves. First row shows OCT enface images 25 μm beneath the pleura and the five alveolar
structures chosen for area measurement over the ventilation cycle. To verify these measurements,
the cross-sectional view (cross sections taken along the dashed green line) was also taken and the area
was measured, too. The pressure-area loops were plotted by normalizing the areas to the initial area at
end-expiratory pressure of 2 mbar. The diagram shows the same course for all measurements with
a small gap between inspiratory and expiratory area change. Scale bar is 150 μm.
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4. Discussion

Investigating dynamic processes with high spatial and temporal resolution is a challenging task.
Therefore, suitable imaging techniques and data acquisition protocols are necessary. We showed
that OCT and intravital microscopy are promising tools for matching the effort of appropriated
imaging techniques for the visualization of lung tissue movement during uninterrupted artificial
ventilation in rats. A high-speed video camera and an electrically tunable focus lens controlled by
the depth information obtained from fast scanning OCT cross sections were used to keep the lung
surface in the focal plane during axial movement. This, allowed acquisition of video sequences
over the whole ventilation cycle. The use of an external trigger signal from the animal ventilator in
combination with a continuous OCT data acquisition mode enabled to employ a conventional OCT
system (line scan rate 12 kHz) for the investigation of fast dynamic processes in vivo without the
need of specialized high-speed OCT systems. Some limitations still remain beside these advantages.
The continuous scanning mode enables the visualization of tissue movement over one ventilation
cycle by combining images that were measured over several cycles. While this scheme works well
during plateau phases (end of inspiration, end of expiration), jitter and other disturbances (from the
tissue response on artificial ventilation) arising during phases of fast tissue movement result in small
misalignments during the reconstruction of each individual 3D stack. This can be seen during the
fast tissue movements in inspiration and expiration. Further work will deal with these disturbances
on the one hand by improving the handshaking between the animal ventilator and the OCT system
and on the other hand by developing a post-processing algorithm for the automatic alignment of
adjacent cross sections. Especially, the first point has a major impact on the jitter of the OCT data
shown in this paper. As OCT data capture and ventilation are not synchronized, images with a shift of
up to one frame period (29 ms) are combined to one volume. This problem will be avoided in future
measurements by implementing bidirectional handshaking. For this purpose, the OCT system will also
give a trigger signal to the ventilator when an image is still acquired, and the ventilator will wait up to
29 ms before triggering the OCT system. This additional time of 29 ms will influence the breathing rate
only marginally, but will help prevent the jitter in the rearranged 3D OCT stacks. Furthermore, we will
combine other imaging techniques such as confocal fluorescence microscopy to gather functional
information of elastic fibers surrounding the alveoli during artificial uninterrupted ventilation. Finally,
new segmentation algorithms will be implemented to handle the mass of image data, and automatically
extract alveolar volume changes and tissue characteristics from the 3D OCT stacks.

5. Conclusions

This feasibility study shows that emerging imaging techniques such as OCT in combination with
IVM are promising tools for gaining new insights into alveolar dynamics during artificial ventilation
in animal experiments. Such measurements can provide necessary information about tissue behavior
and promote an understanding of micromechanics that can lead to the development of more protective
ventilation strategies.

Supplementary Materials: The following are available online at http://www.mdpi.com/2076-3417/7/3/287/s1,
Video S1: 4D imaging of alveolar dynamics in ventilated rats.
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Abstract: In this paper we demonstrate that optical coherence tomography (OCT) is a powerful
tool for the non-destructive investigation of transparent coatings on metal substrates. We show that
OCT provides additional information which the common practice electrical impedance spectroscopy
(EIS) cannot supply. First, coating layer thicknesses were measured and compared with reference
measurements using a magnetic inductive (MI) measurement technique. After this validation of the
OCT measurements, a customized sectioned sample was created to test the possibility to measure
coating thicknesses with underlying corrosion, which cannot be analyzed accurately by MI or
EIS measurements. Finally, we demonstrate the benefit of OCT on a standard sample. The OCT
measurements provide the correct coating layer thickness with high lateral resolution and even enable
metal and corrosion layers to be distinguished from each other.

Keywords: optical coherence tomography; non-destructive testing; layer thickness measurement,
protective coatings

1. Introduction

In built heritage conservation and for museum objects, long-term conservation (e.g., in old mining
facilities) is crucial. Ranging from small instruments to large buildings such as winding towers,
protective coatings have to be applied. Therefore, common non-transparent protective coatings are not
applicable, because the historical character of these cultural heritages must be maintained. Moreover,
further degradation has to be hindered in order to retain the cultural heritage for future generations.
To evaluate the long-term capability of different coatings, it is essential to determine the layer thickness
of the coatings after they are applied on the sample as well as their durability over time. Additionally,
early detection of impurities is necessary to prevent further damage. Moreover, it is desired to
differentiate between corroded and non-corroded material. However, so far no perfectly satisfying
technique for this analysis is available. Optical coherence tomography (OCT) might be a promising
tool to fulfill the mentioned needs. Until now, the acceptance of OCT during the last two decades
results from its great benefit in biomedical applications such as ophthalmology and dermatology [1–3].

Nevertheless, many application capabilities of OCT have not yet been exploited. For non-destructive
testing, only a few application examples have been published so far; for example, the investigation of
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art [4–6], polymers [7,8], subsurface defect detection [9], strain field mapping by using polarization-sensitive
OCT [10], material observation by en-face OCT [11], pharmaceutical film coatings [12,13], and the
investigation of silicon integrated circuits [14–16]. In this case we apply OCT to metal objects with
transparent protective coatings in order to obtain information that the actual common practice
electrochemical impedance spectroscopy (EIS) cannot deliver [17–29]. In EIS, an AC voltage is swept,
and the current is measured. Assuming different layers to be either resistive or capacitive, a Bode or
Nyquist plot can be made [30]. From these plots, an educated guess about the functionality of the
protective coating can be done. This works very well for layer thicknesses in the atomic scale, but no
actual thickness value is provided. However this metrology suffers from the drawback of insufficient
lateral resolution due to the fact that the signal is integrated over an area of about 1.5 cm2, which is
a typical size of an EIS probe. Additionally, a long duration for the data acquisition, the questionable
accuracy of the equivalent circuit diagram, and the uncertainty about the actual layer thickness are
fundamental disadvantages of this method [30]. Furthermore, no imaging capability is typically given.
Because we are analyzing the depth profiles of our OCT measurements in order to determine a coating
layer thickness, the comparison with EIS measurements is not very reasonable. Therefore, another
metrology has to be evaluated.

Currently, a fast and non-destructive method to determine the actual coating layer thickness on
steel or iron is to use a magnetic inductive (MI) thickness measurement system [31]. By measuring
the retarded magnetic field of a sample covered with a protective coating layer, the thickness can be
estimated by comparing it with a reference sample of bare metal. However, this technique allows
only a point-wise layer thickness measurement. Moreover, it can only be applied for non-corroded
material, because a corrosion layer superimposes with the coating layer, leading to an inaccuracy of
the measurement [32]. In a feasibility study, Antoniuk and co-workers proved that OCT is capable of
monitoring protective metal coatings [33]. Here we use OCT and apply post-processing algorithms
to detect the coating layer and introduce a scattering layer for the underlying material (metal or
corrosion). Moreover, we determine their thicknesses, distinguish between the materials, and unveil
breaches of the coating. In order to validate our findings, the layer thicknesses were additionally
measured with an MI measurement system and compared with expected values.

2. Methodology

2.1. Systems

All OCT measurements were performed with a commercially available OCT system (Thorlabs
Ganymede, Dachau/Munich, Germany). Operating with a center wavelength of 930 nm and a
bandwidth of 154 nm, the Thorlabs Ganymede Spectral Domain OCT has an axial and lateral resolution
of 6 μm and 8 μm, respectively. The maximum penetration depth is 2.73 mm, which was validated by
the manufacturer. All these values hold for a refractive index of n = 1. Snapshots using the built-in
camera with 480 × 640 pixels were taken for orientation. By using an interpolation, these images were
resized, in order to have the same dimensionality as the OCT dataset, but not the same resolution
(Figure 1) and then compared with a microscopic image taken with a Keyence VHX 2000 microscope
(KEYENCE Deutschland GmbH, Neu-Isenburg, Germany).

For the magnetic inductive measurements, the Fischer R© Dualscope R© (Helmut Fischer GmbH,
Sindelfingen-Maichingen, Germany) FMP40 used with the FGAB 1.3 probe was utilized. This probe
can be used for non-ferrous and isolating materials. The radius of the measuring tip is 0.75 mm, having
an accuracy of ±1 μm and a precision of 0.3 μm for coatings up to 100 μm thickness.
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Figure 1. (a) Snapshot taken with the in-built camera of the optical coherence tomography (OCT)
system of a standard sample; (b) measurement schematic; (c) interpolated video image; (d) microscopic
image of the region of interest.

2.2. Samples

In this subsection, we introduce the eight different samples that were investigated during our
study. For the validation of our OCT thickness measurement, six samples with bare metal and varying
coating layer thicknesses were prepared. These samples were measured with OCT and with the MI
system as well. In addition, theoretically expected values were calculated from the weight of the
deposited material.

Section 2.2.2 describes the fabrication of a customized sectioned sample. With this sample,
we demonstrated that OCT is capable of monitoring the coating layer thickness (even for corroded
areas), and that both regions with metal or corrosion can be separated.

At last, a standard sample is shown in Section 2.2.3, where no defined region of corrosion is
present. The purpose of this sample was to show that OCT is capable of distinguishing between metal
and corrosion, no matter how it is distributed. Moreover, it was demonstrated that breaches of the
coating layer can be displayed.

2.2.1. Coated Bare Metal Samples

For the measurements of coating layer thickness, bare metal was covered by the coating material
Paraloid B48N (copolymer of methyl methacrylate, Kremer Pigmente GmbH & Co. KG, Aichstetten,
Germany), which has a refractive index of 1.89 [34]. At the beginning, six samples with different
layer thicknesses were customized in order to see the limits of our OCT system for determining the
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layer thickness. The coating layer was brushed on five of the samples, and on one sample it was
sprayed. The thinnest coating that could be applied was greater than 6 μm by brushing it onto the
metal. The theoretically expected value for the layer thickness t can be determined as follows [35]:

t =
Δw

ρ ∗ A
, (1)

where Δw is the weight difference after the coating was applied, ρ the density of the coating, and A
the area of the sample. For orientation, a mask was put on the samples covering the complete sample
except for a circular area of 2 cm2. The center of the circle was analyzed point-wise by magnetic
inductive measurements with the Fischer R© Dualscope R© FMP40, generating 50 data points. In the
center of the circle, an area of 3.5 × 3.5 mm2 was imaged with the OCT system. This was the largest
area possible with our OCT system in order to fulfill the sampling theorem for the lateral resolution.
Video images of the region of interest were taken with the built-in camera of the Ganymede system,
as well as with the microscope.

2.2.2. Customized Sectioned Sample

After the different coating layer thicknesses were measured, we created a customized sample
which was divided into four regions containing metal and corroded metal with and without a protective
coating layer (sample 7, Figure 2).

Figure 2. Microscopic image of the customized sectioned sample: (a) pure metal; (b) pure metal with
coating layer on top; (c) corroded area; (d) corroded material with coating layer on top.

In order to prepare the desired sample, we first corroded the complete sample artificially by
embedding the metal into a natrium chloride bath and exposing it in a climatic chamber afterwards.
In more detail, the sample was created following the procedure described in [36]:

1. Embedding in a 5% NaCl-solution
2. Exposure to 100% relative humidity for 8 h at 40 ◦C
3. Drying for 16 h at room temperature
4. Repetition of steps 1 to 3 five times
5. Exposure to outdoor weathering for 2 months inclination 45◦, south-side exposure
6. Desalination by immersion with distilled water
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7. Soft air abrasive cleaning with walnut shells (pressure 8 bar, distance 50 cm)
8. Additional air abrasive cleaning for half of the sample (upper part) until bare metal was reached.
9. Application of coatings by brush, five to six repetitions (resulting layers), intermediate drying

period of 3–4 h for each layer.

To avoid infiltration of the coating, a sellotape stripe was glued before applying the Paraloid
B48N onto the sample. However, even by the use of a sellotape stripe, some infiltration zone could
be observed.

2.2.3. Standard Sample

Finally, we also prepared a standard sample as is typically used for EIS (sample 8). In contrast to
the customized sectioned sample, no defined region for metal or corrosion was present. The preparation
was done as described in Section 2.2.2, but without additional air abrasive cleaning (step 8).
Furthermore, the complete sample was covered with Paraloid B48N.

2.3. Post-Processing

Post-processing of the OCT data was done using Matlab (version 2015a, MathWorks, Natick,
MA, USA). By utilizing the peak find function in Matlab, several peaks in the OCT A-Scans (line
scans perpendicular to the surface) were detected. By choosing optimized parameters and adding
appropriate constraints (e.g., thresholding), only the three peaks of interest were determined. The
minimum peak prominence and the minimum peak height were the parameters that were optimized.

Using a smoothing algorithm, outliers from the peak detection could be suppressed. Phantom
layers caused by autocorrelation were not detected by optimizing the algorithm in terms of intensity.
The three peaks of interest correspond to the beginning of the coating layer, the end of the coating layer,
and the end of the scattering layer (metal or corrosion). Composing OCT A-Scans along a line parallel
to the surface provides a so called B-Scan. A typical B-Scan containing a coating and a scattering
layer is shown in Figure 3. Assuming a refractive index of 1.89 for Paraloid B48N, the thickness of the
coating layer was calculated by computing the path difference between the second and the first peak
and dividing by the refractive index of 1.89. The second layer that was calculated was considered as
a scattering layer. Thus, the distance between upper and lower boundary of the material was identified
as the scattering layer thickness.

Figure 3. OCT B-Scan of corroded metal (sample 8): red line is the top of the coating layer, green line
determines the end of the coating and the beginning of the corrosion, yellow line determines the end
of the scattering-induced layer. Axes are given as optical path length n × d.

3. Results

3.1. Coated Bare Metal Samples

In Figure 4, the OCT thickness calculations for samples 1–6 are compared to the thickness
measurements using the MI system. The mean value for a three-dimensional OCT data set and
an error bar using the standard deviation were plotted. The value of the MI system is an average over
50 sampling points that were chosen manually, trying to be as close as possible to the center of the
circle. These values and their standard deviation can also be seen for comparison in Table 1.
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Table 1. Comparison between optical coherence tomography measurement, magnetic inductive (MI)
measurement, and the expected theoretical values. The sprayed sample is marked with an *. All thickness
values are given in μm.

Concept Sample 1 Sample 2 Sample 3 Sample 4 Sample 5 Sample 6 *

OCT 6.86 22.97 42.27 48.91 97.00 80.24
std. OCT 0.65 1.61 2.01 2.52 2.74 1.85

MI 7.16 21.89 43.85 56.57 83.34 88.70
std. MI 1.14 1.5 3.8 9.81 9.47 2.5

expected th. value 11.27 27.44 53.70 64.10 94.30 86.26p

Figure 4. Comparison between OCT and MI measurements and the calculated theoretical value.

For thin coating layers, the results of both techniques are in very good agreement with each other.
For thicker layers, the values differ. This is due to the fact that the layer had to be brushed or sprayed
multiple times for thicker samples. This leads to much more pronounced height variations, as can be
seen in Figure 5. As the MI measurements are performed with a hand-held probe, a larger area might
be investigated. This might be the reason for a higher standard deviation. Another possibility for the
measurement uncertainty could be a density change, leading to a refractive index change as it was
previously observed for thicker coatings [13]. For sample S6, increased scattering could be observed,
supporting this theory.

Figure 5. 3D heat map of the calculated layer thickness for the OCT measurement of sample 5.
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3.2. Customized Sectioned Sample

Figure 6 shows the coating layer thickness for our customized sectioned sample. As could be
guessed from the microscopic image in Figure 2, there is no sharp transition from non-coated to
protected material.

Figure 6. 3D heat map of the calculated coating layer thickness for the OCT measurement of the
customized sample (sample 7).

The transition zone can be clearly identified. Moreover, it can be seen that the coating adheres
better on the polished metal than on corrosion, as expected. Our measurements of this sample clearly
show that OCT not only provides the layer thicknesses but also enables corroded and non-corroded
areas to be clearly distinguised (Figure 7).

The scattering layer thicknesses for the customized sample are shown in Figure 7. For the corroded
area, a higher scattering layer thickness can be seen. However, these differences are not as pronounced
as in Section 3.3. This is because the complete sample was first corroded artificially. Then, abrasive
cleaning was performed to remove the corrosion, but it did not provide a surface as smooth as the
initial bare metal. Both findings will be further visualized with measurements on the standard sample
in the next subsection.

Figure 7. 3D heat map of the calculated scattering layer thickness for the OCT measurement of the
customized sample (sample 7).
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3.3. Standard Sample

At last, the standard sample described in Section 2.2.3 was investigated with our OCT system.
The thickness of the coating and the scattering layer was determined for the complete three-dimensional
data set, and a heat map was generated. Figure 8 shows the microscopic image, the coating layer
thickness, and the scattering layer thickness. There is a slight shift between the OCT measurement and
microscopic image. This is because no additional markers were used in order to prevent any damage
to the sample. In Figure 8b, a breach in the coating can be clearly seen (dark blue area). Moreover,
Figure 8c shows the difference between pure metal and corroded metal. Pure metal can be recognized
as dark blue color. With this sample, we were able to distinguish between metal and corrosion with μm
resolution without a priori knowledge of the distribution of the material. Furthermore, small breaches
in the transparent protective coating could be displayed.

Figure 8. (a) Microscopy image of a standard sample (sample 8); (b) heat map of the calculated layer
thickness for the OCT measurement; (c) heat map of the calculated scattering layer thickness for the
OCT measurement.
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4. Discussion

By employing optical coherence tomography as a new powerful tool for the non-destructive
testing of metal coatings, additional valuable information about the sample is available. In contrast
to electrochemical impedance spectroscopy, OCT provides an imaging modality. Moreover, lateral
information about the sample with μm resolution is available. Further studies with artificial degradation
will be performed to evaluate if this lateral resolution is sufficient to estimate the durability of the coatings.

We have proven that the determined thicknesses of the coatings are in good agreement with the
theoretically expected values and with the MI measurements. We did not have to change the parameters
for different layer thicknesses. However, if a different coating material were to be investigated, these
parameters might be adjusted. When analyzing thicker coatings, the standard deviation for the
MI measurements tends to rise, but not for the OCT measurements. The differences between the
theoretical values and the OCT measurements come from a non-uniform distribution of the material,
which cannot be considered at all in the simple theoretical estimation. Another explanation for the
uncertainty could be a change in the refractive index, caused by a density change. This deviation
appears in particular for thicker samples. Furthermore, a cross-sectional microscopic image would
be beneficial to validate our findings. However, the preparation of a cross-sectional sample profile
image is difficult to achieve without compromising the sample. During the different preparatory work
steps (e.g., cutting, embedding (curing process), and grinding at the end), high temperature can be
reached. This is typically destructive for products with low temperature stability, such as Paraloid
B48N (glass transition temperature, Tg = 50 ◦C). Though we have shown that our OCT measurements
are already superior to the common MI technique, future applications may induce further demands in
terms of axial resolution, field of view, or image acquisition speed:

In our study the thickness of the transparent protective coatings was always more than 6 μm,
so the axial resolution of our OCT system was fully sufficient to differentiate between the different
layers. Nevertheless, if thinner coatings would have to be analyzed, OCT systems with 1 μm axial
resolution have already been demonstrated [37].

In our study, we had a field of view of 3.5 × 3.5 mm2 in which we were able to see the different
regions of interest (i.e., corrosion and metal with and without protective coating). However, in future
applications, a considerably larger field of view may be required. For that purpose, an OCT system
with an enormous field of view in the meter range has been recently reported by Wang et al. [38].

The A-Scan rate of our system was 29 kHz. The time needed to scan an area of 3.5 × 3.5 mm2 was
approximately one minute, which is much faster than an analysis with common EIS systems. However,
much less acquisition time may be desired when large objects are investigated. In that case, high-speed
OCT systems with scan rates in the MHz range may be used [39].

We are confident that in the future OCT will enable the investigation of real mining objects that
have to be conserved, and that all requirements for that purpose will be covered.

5. Conclusions

In this paper, we have demonstrated the benefit of employing optical coherence tomography as
a new tool for the investigation of transparent protection coatings. Our comparison with a magnetic
inductive layer thickness methodology (which is a commonly used method) validated that precise
thickness measurements with OCT are possible, even with underlying corrosion layers. To our
knowledge, no other non-destructive modality has provided comparable information. Moreover,
by using OCT, the differentiation between metal and corroded material becomes possible with μm
resolution in the lateral dimension. In the future we will perform long-term observations of metal
samples with OCT and EIS in order to create additional knowledge in the field of protective layer
coatings for preserving cultural heritage in the future. After this first proof of principle, we further
want to evaluate the quality of different coatings in terms of performance and long-term stability.
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Abstract: The measurement of the thicknesses of layers is important for the quality assurance of
industrial coating systems. Current measurement techniques only provide a limited amount of
information. Here, we show that spectral domain Line Field (LF) Optical Coherence Tomography
(OCT) is able to return to the user a cross sectional B-Scan image in a single shot with no mechanical
moving parts. To reliably extract layer thicknesses from such images of automotive paint systems, we
present an automatic graph search image segmentation algorithm. To show that the algorithm works
independently of the OCT device, the measurements are repeated with a separate time domain Full
Field (FF) OCT system. This gives matching mean thickness values within the standard deviations
of the measured thicknesses across each B-Scan image. The combination of an LF-OCT with graph
search segmentation is potentially a powerful technique for the quality assurance of non-opaque
industrial coating layers.

Keywords: optical coherence tomography; coatings; spectral domain; time domain; quality assurance;
line field; image segmentation; graph search

1. Introduction

Non-opaque coatings are used to provide protection and aesthetic enhancement to a wide
variety of objects in many contexts. Examples of this variety are the heavy industry clear top coats in
modern car paint systems [1], the do-it-yourself varnishing of outdoor wooden objects [2], and the
highly specialised varnish coatings for valuable works of art [3]. This paper is focused on the
economically important industrial coating context [1,4]. The term Quality Assurance (QA) [5] refers
to the broad systems that ensure consistent quality of any (tangible or intangible) produced product.
The appropriate processes and measures required are dependent on what that product is. To ensure
that the layers of industrial coatings, such as automotive paint systems, give the desired protection and
appearance, QA inspection methods that are capable of quantifying, and thus checking, the applied
coating thickness and uniformity are required. However, it would be impractical to measure the
thickness of the coating layers over the whole car body surface of every car produced on an automobile
production line. Instead, to catch errors in the production process, sample measurements of thicknesses
and consistency at appropriate points (spatial and temporal) are sufficient. To meet this need, a variety
of instruments have been developed and are now available commercially. These commercially available
instruments fall into two main categories. Magnetic and eddy current systems give a contact, single
point measurement of coatings on metallic substrates [6]. They cannot be used with non-metallic
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substrates and cannot give the thicknesses of multiple layers nor the uniformity of the coatings.
The other category of commercially available systems are Ultrasound probe systems [6], which are
able to measure independently of coatings on various substrates and can measure multiple layers.
Though used widely for imaging in medicine [7], the ultrasound probe systems currently commercially
available for coating measurements remain limited to a single point A-Scan. Manual scanning of
probe can be performed by the user during repeat measurements. Remote ultrasound, such as laser
ultrasonic methods [8], has been an area of research for coating measurements [9]. However, the added
complexity of the device would add significantly to the cost and reduce portability.

Terahertz (THz) imaging has the ability to image the majority of coatings [10] but would be
a relatively expensive solution due to the specialised band of electromagnetic (EM) radiation used.
Optical confocal microscopy [11] instruments are able to characterise coatings, but remain expensive.
Reflectometry [12] and ellipsometry [13] are prevalent in high tech thin film applications for measuring
the thicknesses of multiple clear layers from interference effects. However, they are not prevalent for
the measurement of industrial coatings.

Amongst Optical Coherence Tomography (OCT) applications outside of bio-medicine [14] is the
non-contact measurement of the layers of paintings [15] and wooden artefacts [16], both commonly
including optically transparent (varnish) layers. It has also been used to for the QA of transparent
layer composited gradient refractive index optical components [17]. Following its use for measuring
coating layers in the art conservation field, OCT has recently been considered for its potential QA
applications [18] and for forensic use [19] for measuring the coating layers of automotive paints
(an industrial field). Like THz imaging, the cost of general laboratory OCT systems is relative high
(>£10,000). However, unlike THz imaging, OCT works at visible or near infrared wavelengths with
a wide variety of low cost components available off the shelf. For the specific undemanding task of
resolving thicknesses of transparent and semi-transparent coatings, much of an OCT device could be
down-engineered to reduce cost.

Although a single A-Scan OCT device could be constructed to reduce cost, this would be
undesirable for two reasons. Firstly, in this paper we will demonstrate a scenario in which a
single A-Scan measurement gives erroneous results and only partial layer information. Multiple
measurements of a sample may be required from the user for reliable results. Secondly, a B-Scan image
gives more information than single A-Scans, such as a one-dimensional map of coating thickness and
surface profile over the length of the measurement [20] and the ability to resolve additional scattering
layers that would not be discernible from a single A-scan. However, the majority of OCT systems
are optical fibre based measuring a single lateral point at a time. This conventional point by point
raster scanning format requires a galvo mirror system(s). This adds to the mechanical complexity,
including management of electrical and mechanical response issues [21], and cost of the system. Several
alternative formats of OCT devices exist that measure more than one lateral position at a time without
the need for mechanical scanning [22–24]. The form considered here is spectral domain Line Field (LF)
OCT [25] which measures a B-Scan image in a single shot without moving parts. Though this format
has been previously used for imaging in human [26,27] and animal [28,29] in vivo studies, and more
recently for the QA of glass [30], the technique has not been previously applied in the measurement of
industrial coatings.

Image segmentation [31–34] can break up images into their different regions, thus allowing
their automated measurement. In practice, segmentation is often achieved by the thresholding
of intensity values [35] at a parameter which may be selected either manually and empirically or
automatically [36]. While this can yield results quickly and may be favoured particularly for large
datasets, such parameters often require trial-and-error testing and vary between images. It is not
well suited to problems involving poorly-defined boundaries, varying contrast, and visibility of
noise, which are all characteristic of logarithmic OCT images in general. To address this limitation,
many solutions have been proposed such as variational modelling [32,37–39] and machine learning
approaches [33,40]. Recently, graph search algorithms have emerged as a popular [41–44] approach
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for image segmentation due to the low computational energy required, reduced requirements for
optimisation, and no need for training data.

Here we report the combined use of LF-OCT to acquire a cross sectional B-Scan image without
electro-mechanical scanning, and a graph search sectioning algorithm to measure the clear coat and
metallic base coat thickness for four automobile paints. The LF-OCT means that the image is taken
in a single shot, with no scanning required. We show that graph search is a robust segmentation
method for the measurement of layer thicknesses by OCT devices. The image quality and segmentation
algorithm robustness was verified using images taken from the same car paint samples using a time
domain Full Field (FF) OCT system. As an independent system based on the same physical principles
as the LF-OCT system, the FF-OCT, which has previously been validated and calibrated using
micro-X-CT [45], results served to show that no systematic experimental setup or calibration error was
present in the system, and that any modality of OCT system will give similar results, with the graph
search method applicable to them all. Correspondence with ultrasound and microscopy measurements
has previously been shown for one type of OCT [18].

2. Materials and Methods

2.1. Optical Coherence Tomography Systems

The details of the LF-OCT used for this study has been previously described [46]. In brief, in order
to measure an OCT B-Scan image in a single shot, a line was illuminated on the sample and reference
surface, as shown in Figure 1 (left). This line was then imaged onto the slit of an imaging spectrograph,
which resolved the interference spectrum at each position. A single (unaveraged) image was taken
with the Back Illuminated Charged Couple Device (BI CCD) camera (iVac, Andor, Belfast, UK) and
the Fourier phase differential mask method was used to supress aberration induced image artefacts.
The band-pass filtered supercontinuum light source provided an axial resolution of 2.1 nG·μm, the plot
of the point spread function is given in Figure 2 of [46]. With a 4f arrangement of 75 mm Achromatic
pair (AC) objective (Linnik pair) and 100 mm AC collection lenses, the system’s lateral resolution was
measured to be 18 μm (United States Air Force 1951 resolution test chart (MIL-STD-150A), line pair
width resolved).

To cross validate the OCT B-Scan images, a development of a previously presented [45] FF-OCT
system was also used and is shown in Figure 1 (right). This time domain OCT system used an
inexpensive infrared LED light source with a central wavelength of 850 nm and a bandwidth of 80
nm. The light was collimated for the illumination of the sample and reference mirror. The imaging
optics was again a 4f arranged pair (objective F = 50 mm and collection F = 250 mm) of achromatic
lenses, but with both situated behind the beam splitter. The panels were mounted on a high precision
piezo motor positioner (LPS-65/N-565, Physik Instrumente, Bedford, UK) to scan in the axial direction.
A high-speed USB 3.0 Complementary Metal Oxide Semiconductor (CMOS) camera (GS3-U3-23S6M-C,
Point Grey, Richmond, British Columbia, Canada) was then used to collect the three-dimensional time
domain interference data. During processing of the time domain FF-OCT data, the raw axial signal
was convolved with a near ideal measured signal from a mirror. This increased the Signal to Noise
Ratio (SNR), but at the cost of a slight detriment to axial resolution. The achieved lateral resolution of
this system was significantly better (4.4 μm) than the LF-OCT system, though the axial resolution was
worse (3.6 nG·μm).

Table 1 gives a summary of the performance of the two instruments. The time to take a
measurement with the LF-OCT system was 60 ms, which is more than sufficient for a QA thickness
measurement tool. The speed was limited by the mechanical shutter for the CCD camera, with the
total illuminating light power physically attenuated accordingly. If required, the acquisition time
could be shortened by orders of magnitude by using electronically shuttered CMOS cameras or using
a single super-continuum pulse [46]. The 40 s acquisition time for the FF-OCT system would be too
long for a practical QA tool. The FF-OCT provided a 3D volume measurement, however, for thickness
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measurement we show here that the 2D B-Scan of the LF-OCT was sufficient to provide reliable layer
thickness measurement values. The raw SNR and sensitivity values of the Fourier domain LF-OCT
were higher than the time domain FF-OCT.

Figure 1. (Left) Line Field Optical Coherence Tomography (LF-OCT) setup. CSMF—Continuously
Single Mode Fibre. C—Collimator, Fil—Optical Filters (Bandpass and Neutral Density), Cyl—Cylindrical
Lens, BS—Cube Beam Splitter. Obj—Objective Lenses, Ref—Reference Interface (Flat glass surface),
Col—Collection Lens, BI CCD—Back Illuminated Charged Couple Device camera (iVac, Andor, UK);
(Right) FF-OCT setup, LED—Light Emitting Diode, L1, L2, and L3—Achromatic lenses, RM—Reference
Mirror, CMOS—Complementary Metal Oxide Semiconductor camera (Point Grey, GS3-U3-23S6M-C).

Table 1. Comparison of the specification of the LF and FF (full field) OCT devices, as used in the study.

Performance Parameter LF-OCT FF-OCT

Acquisition time (ms) 60 40,000
Acquired Image Pixels 1 × 256 × 1000 1920 × 1200 × 4000

Axial Resolution (nG·μm) 2.1 3.6
Lateral Resolution (μm) 18 4.4

Signal to Noise Ratio (dB) 79 54
Sensitivity (dB) 93 54

2.2. Samples

Four metallic car paint demo panels, one Indus silver, one Mauritius blue, one Barolo black, and
one Santorini black were used in this study. These panels were examples of a common automotive
multilayer coating system. The top layer was a clear coat with thickness to be measured. The second
layer contains metallic flakes at random depths. For the silver and blue panels, a 2.25 mm × 1.4 mm
area was masked off, and for cross validation purpose both instruments measured a B-Scan across the
middle. The difference in positions between the scans was less than 1 mm. For a broader range of
samples, the two different black samples were measured with the LF-OCT system only.

2.3. Software and Algorithm

The thicknesses of the clear coat and basecoat layers were calculated by determining the interface
contours of the visible layers from the resulting B-scan images using a hierarchical graph-search
approach. This assumed that volume scattering rather than interface reflection dominated the imaged
layer boundaries, which was correct for all interfaces other than the surface in our data. The surface
position was found by taking the average of the top two found profiles. Variational modelling
inspired post-processing then improved robustness of the graph search approach by building in
region intensity information. We first constructed a graph of nodes and edges using the image
such that each pixel corresponded to a node. We thus redefined the segmentation as a minimal
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cost graph cut problem; that is, the total cost of moving from one side of the graph to the other
across the nodes whose values were determined by an energy functional aiming to split the image
based on the gradient. To reduce the likelihood of jumping between interfaces, we defined our
energy functional as Ej(x) = (−1)j(d1∂z(x)/∂x1 + d2∂z(x)/∂x2) where z(x) denoted the image to be

segmented, x = (x1, x2)
�, x1 and x2 are the coordinates in the lateral and depth directions, respectively,

d1, d2 ∈ R>0 are non-negative parameters controlling the influence of the lateral and depth gradients,
and j ∈ {0, 1} determines whether we are seeking an upper or lower boundary.

Dynamic programming was used to find the path of minimal energy cost leading from the
left-hand side of the image to the right. Calculating the cost of every possible path across the image
would have been time consuming and necessitated storing a large amount of information. To avoid
this, the paths were calculated in a structured manner with constraints inbuilt. From each (starting)
pixel in the far-left A-Scan, we considered the cost of traversing a sub-path to another pixel in the
following column, restricting the set of possible destination pixels to include only those within two
rows. For each column, we stored the minimum cost movement only, and this process was repeated
until the right-hand side of the image was reached. As well as resulting in a significant reduction in
the number of required computations, the restrictions on the potential paths allowed also acted as
regularisation on the length of the contour. Once the cumulative costs of the paths from each starting
pixel were calculated, the overall minimum cost path could be found. This was done for each interface
in a hierarchical way, excluding the nodes assigned to a contour to rule out crossing, defining the
segmentation contours S1, . . . ,S5 ∈ R

n
>.

Following this, we aimed to remove one surplus contour, leaving us with the best-fit segmentation
of the image. We adopted the logic used for contour-fitting in variational methods such as [32,47].
In particular, we referred to the multi-phase work of Vese and Chan [47], which defined contours
as level-sets [48] of a single function φ(x), and considered the correct segmentation as that
which minimised the fitting energy only, since we did not need regularisation of the contour
length. We identified the contour Sκ to be removed by determining the index κ which solved the
minimisation problem

min
κ

⎧⎪⎪⎪⎪⎪⎨⎪⎪⎪⎪⎪⎩
5
∑

i = 0
i �= κ + 1

∫
Ω

(
z − cκ

i
)2Hi(φ, l)dx

⎫⎪⎪⎪⎪⎪⎬⎪⎪⎪⎪⎪⎭
, cκ

i =
∫

Ω zHi(φ,l)dx+δi(κ)
∫

Ω zHi+1(φ,l)dx∫
Ω Hi(φ,l)dx+δi(κ)

∫
Ω Hi+1(φ,l)dx , (1)

where Hi(φ, l) = Hχ1(φ − li)Hχ2(li+1 − φ) where χ1 = 0 for i = 0 and χ1 = 1 otherwise, χ2 = 0 for
i = 5 and χ2 = 1 otherwise. Excluding S_κ and ordering the sets in decreasing total sum, we obtained
the list of contours T1, . . . , T4. We then took the average of the top two contours which gave the
upper and lower boundaries of the clear coat-air interface as its location. We could then give the
thickness measurements of the clear coat (Tc) and base coat (Tb) layers as the pointwise difference of
the sets Tc = ℘ ·

(
T1+T2

2 − T3

)
, Tb = ℘ · (T3 − T4), where ℘ was the pixel-size in the depth direction.

The overall algorithm is shown in Figure 2 below.

Figure 2. Flow chart of the segmentation process. The energy functional and cumulative cost functions
are calculated to determine the minimal cost paths. Once all paths are found, the minimisation problem
given in Equation (1) is solved to remove one contour, resulting in the set of segmentations.
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3. Results

3.1. OCT Images

Figure 3 shows the OCT B-Scan images obtained for each panel. For Indus silver and Mauritius
blue, the images from both LF-OCT and FF-OCT systems are compared. Both instruments give similar
images, showing a larger optical thickness for the clear coating on the blue panel. Both instruments
also show similar trends in the differences in appearance of the second layer of the two samples.
Within the second layers, the signal contrast between the bright flakes and points in between is lower
for the blue panel than the silver panel. To give the blue colour, the blue panel second layer may
contain blue pigment particles, which would add to the scattering signal between flakes. The main
difference between the images from the two instruments is the lateral resolution. The resolved flakes
from the high lateral resolution FF-OCT appear narrower than for the LF-OCT, where the lower lateral
resolution has broadened their apparent width. Both (i.e., Barolo and Santorini) black LF-OCT images
are significantly different, compared with silver and blue, with the visible base coat thickness being
much thinner. The clear coat of Santorini black is the thinnest of all the samples.

Figure 3. B-Scan images of Indus silver (a,b), Mauritius blue (c,d), Barolo black (e), and Santorini black
(f) automotive metallic paint samplers. Taken with FF-TD (a,c) and LF-FD (b,d–f) parallel OCT systems.
The FF-OCT B-Scans are taken from within 1 mm of the location of the corresponding LF-OCT images.
Scaling is the same for all images. Colour bar units are dB.
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Though the relatively lower lateral resolution of the LF-OCT has partially blurred the second
layer, it is still sufficient to resolve the image texture. Figure 4 (top) shows the LF-OCT B-Scan of
the silver panel (same as Figure 3b) with two A-Scan locations (red and blue) marked on. Figure 4
(bottom) is the plot of the intensity of these two A-Scans, and the apparent thickness estimated from
obvious peaks. Considering these (red and blue) A-Scans separately and without prior knowledge
of the sample, as would be the case in a single point measurement, their interpretations give a large
difference in the thickness measurement of the clear coat. In this case, for the red A-Scan the apparent
signal for the second interface comes from far too deep. No reasonable estimate of the base coat layer
could be made without prior knowledge of the A-Scan properties for the sample. In contrast to this
lack of information in the 1D single point measurement, in the 2D B-Scan image the layers and their
boundaries are immediately visibly apparent without any prior knowledge. In this case the source of
the error for the clear coat thickness in the single point measurement is the dominating signal from
the metal flakes, which at any given lateral position could be present at any depth within the second
layer. For a single point system, to reliably overcome this, the user could take multiple measurements
at different sample positions and use the averaged A-scan signal for thickness calculation. However,
we will show that reliable coating thickness and uniformity information could be obtained by using
the single shot LF-OCT system and automated image segmentation algorithms, without the need for
multiple measurements.

Figure 4. (Top) LF-FD-OCT image of silver metallic paint sampler (Figure 3b) with two (blue and
red) A-Scan locations marked. (Bottom) Plot of the red and blue A-Scans, with the apparent thickness
measured using only the single A-Scan data. The arrows show the correspondence of the A-Scan peaks
with location in the B-Scan image.

3.2. Automated Segmentation of Layer Thickness

We now calculate the thickness of the clear coat and base coat layers of the paint samples across
the whole B-scan image. We first partition the image to identify the layers automatically using the
graph search approach described in the previous section. Using forward first order finite differences as
a discrete approximation to the derivative, we calculate the energy functional as an important step in
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identifying the contours. An example of this using the silver sample is shown for j = 0 and j = 1 in
Figure 5a,b respectively. The lower values corresponding to the minimiser appear as the darker colour
in the figure and are to be traced automatically. While the lowest intensity path may appear clear in
each figure, the remaining paths are difficult to trace by sight. Proceeding hierarchically with the graph
search approach, we obtain a set of potential interface contours (Figure 5c) which closely match the
visible edges. An additional phantom contour is also found which does not represent a layer boundary
but does correspond to a solution of the graph-search problem. We now employ our data-fitting step
to remove this contour (Figure 5d). At this point, we have a close segmentation of each layer given the
presentation of the paint samples in the image.

Figure 5. Segmentation process of LF-OCT B-scan of silver car paint sample. (a,b) The joint energy
functional used to find the initial contours; (c) The initial result using graph-search segmentation;
(d) The result after automated removal of the phantom contour.

As a final step, we compensate for the visible blurring of the air-clear coat layer interface by
replacing the two boundary contours with their mean value to obtain the final segmentation of the silver
sample shown in Figure 6a. The same procedure is applied to the blue paint sample and the contours
are correctly identified in Figure 6c. It is now a simple procedure to obtain the thickness measurements
of each layer across the whole B-Scan (Figure 6b,d). Table 2 gives the mean and standard deviation of
these measured thicknesses of the clear coating and base coat, within a B-Scan measurement, for the
two samples with both OCT instruments. However, it should be noted that this standard deviation
does not have a clear relationship with accuracy or precision of the mean value. The variance is
caused by the apparent interface texture in the image, which may be real or, as quite likely in this case,
a result of the volume scattering properties of one of the layers. Here reflections from the semi-sparse
metallic flakes within the base coat layer dominate giving a lumpy image signal, which the graph
search algorithm traces over. The repeatability (precision), for the LF-OCT, of the mean clear and
base coat thickness values was quantified by measuring at eight locations on the Indus silver sample,
the standard deviation was 2 and 5 nG·μm, respectively. The accuracy is determined by the axial
resolution (systematic biasing of graph search algorithm to one side of the interface will be of this order
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of magnitude) and/or scattering homogeneity of the layers (non-homogeneous properties causing the
apparent profile undulate into the layer, as is likely in these results). If we treat these as standard error,
the accuracy for the given Indus Silver sample LF-OCT measurement is then calculated to be 3 and
4 nG·μm for the clear and base coat, respectively. In Table 2, the largest difference in mean thickness
of both techniques is 3 nG·μm for the base coat, which is within the measured undulation, precision,
and calculated accuracy values of the LF-OCT. The differences in the mean values for the clear coat
are negligible. Therefore, we conclude that the segmentation algorithm gives repeatable (within the
technique’s measured errors) measurements independent of the OCT instrument. It should be noted
that for optical techniques, the precision and accuracy of the measurement of an interface is highly
dependent on the sample. For an interface that gives a significant signal, profilometry techniques are
able to measure it with high accuracy. However, in this case the signal from the interface is negligible,
with the image contrast being dominated by volume scattering; as such, profilometry methods would
not work, and image segmentation is the preferred technique. The alternative would be to correct the
B-Scan image by rotation for any tilt, and then average the A-Scans. However, this would eliminate
lateral spatial information that may be present.

Figure 6. Final segmentation results of the silver (a) and blue (c) paint samples. The respective thickness
profiles of each sample (b,d) as demonstrated by the brown arrows. Although they do look non-smooth,
it should be noted that the thickness profile figures are presented at an aspect ratio of approximately 1:3.

Table 2. Thickness measurements (mean ± standard deviation) of the base coat and clear coat layers of
the paint samples scanned using full field time domain (FF) and line field spectral domain (LF) OCT.

Sample Method
Base Coat Layer Thickness

(nG·μm)
Clear Coat Layer Thickness

(nG·μm)

Indus Silver FF-OCT 27.88 ± 6.11 65.64 ± 1.34
Indus Silver LF-OCT 24.95 ± 3.85 64.98 ± 2.44

Mauritius Blue FF-OCT 25.83 ± 4.62 80.75 ± 1.44
Mauritius Blue LF-OCT 22.69 ± 5.47 80.68 ± 2.20

Barlo Black LF-OCT 16.61 ± 4.48 68.96 ± 2.01
Santorini Black LF-OCT 8.13 ± 3.24 54.50 ± 2.30
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4. Discussion

Industrial coatings are economically important. Their QA measurement is important to ensure
protection and appearance consistency. To measure the thickness of coating layers, contact single point
techniques currently dominate the market. These can only give limited spatial information and may
require multiple measurements to ensure accuracy. As shown here, LF-OCT returns to the user a 2D
cross-sectional image of non-opaque coatings where both coating thickness and coating uniformity
information can be extracted. To collect 2D images, conventional point by point raster scanning
OCT requires mechanical scanning of the probe beam across the sample. This adds complexity, and
potential fragility, for a challenging industrial environment. In contrast, the proposed LF-OCT imaging
requires no mechanical scanning, thus it is an attractive solution for the application. It requires no
mechanical moving parts, thus it should increase the robustness of the technique in dirty and rough
industrial environments.

Segmentation can be used to extract dimensions automatically from images. To measure the
thickness of coating layers from OCT B-Scan images, graph search has been shown to be a robust
and fast method. The image segmentation technique can be applied to any B-Scan image of layered
structures, independent of the OCT instrument. Here, we showed this robustness by applying
an algorithm to data taken using two OCT systems with different imaging specifications and modalities,
and recorded matching results within the standard deviation of the thickness profiles. It should also
be noted that a 2D B-Scan image, not a full 3D measurement, is required for this reliable thickness
measure, which is provided by LF-OCT without any electro-mechanical scanning. Also, the presence
and magnitude of any significant non-uniformity of coating thickness, over the lateral dimension of
measurement, would be as apparent in this 1D measurement from the 2D B-Scan, as it would in a 2D
map from a 3D volume scan. A 2D map of coating thickness in the local area of measurement would
not provide any significant further information for the QA measure, which ultimately is required to
give a binary pass or fail output.

Currently as presented, the instrument is still of significant cost and size. To be viable against
competing techniques, future work must reduce the cost and size of such a device. However, there is
potential for reducing the cost of a device by reducing the specification for all the components.
Thermal light sources have previously [28] been demonstrated to be suitable for LF-OCT, and during
the development of our LF-OCT instrument we successfully used an incandescent bulb of negligible
cost to take images. The drawback of thermal sources is that adaption to compensate for low spatial
coherence will lead to a slower measurement time. However, this will still be under 1 s so would not
be an issue for this application. Also, thermal sources will not be a factor in restricting the bandwidth
used, so will allow high axial resolutions to be achieved. The imaging spectrograph part of the device
can be constructed, to a reduced size, with off the shelf components of minimum cost. With operation
between optical and Near InfraRed (NIR) wavelengths of 400 to 1000 nm, a low cost CMOS camera
array can be used. The drawback of this is likely to be on the spectral resolution, which will limit
image depth. However, reduction of size favours spectral bandwidth and thus high image axial
resolution. The use of a LF-OCT, rather than the more common point by point raster scanning OCT,
arrangement would mean no mechanical moving parts would be required. Future work will involve
construction and testing of this proposed low cost device. As well as application to automotive
coatings, the combination of the low cost LF-OCT device and graph search segmentation could be used
for industrial coatings on wood [2] and in aerospace applications, such as thermal barrier coatings for
aerospace turbine blades [49]. It may also be used for the automatic measurement of pharmaceutical
tablet coating thicknesses [50].

In conclusion, we have demonstrated the use of LF-OCT to take cross sectional (B-Scan) images
of optically transparent coatings without moving parts. Combining this with fast automated graph
search image sectioning allows reliable thickness profiles to be calculated with a single, scan-less,
LF-OCT measurement. We have illustrated that a single point measurement of layer thickness is
inherently less reliable than a measurement from a B-Scan image. The combining of these methods
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gives a clear development path for a new reliable and cost competitive instrument for the QA of certain
industrial coatings.
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Abstract: We present a spatial frequency domain multiplexing method for extending the imaging
depth range of a spectral domain optical coherence tomography (SDOCT) system without any
expensive device. This method uses two galvo scanners with different pivot-offset distances in two
independent reference arms for spatial frequency modulation and multiplexing. The spatial frequency
contents corresponding to different depth regions of the sample can be shifted to different frequency
bands. The spatial frequency domain multiplexing SDOCT system provides an approximately
1.9-fold increase in the effective ranging depth compared with that of a conventional full-range
SDOCT system. The reconstructed images of phantom and biological tissue demonstrate the expected
increase in ranging depth. The parameters choice criterion for this method is discussed.

Keywords: fiber optics imaging; medical and biological imaging; optical coherence tomography

1. Introduction

Fourier domain optical coherence tomography (FDOCT) is a high-speed, high-resolution and
non-invasive biomedical optical imaging technique [1]. It has been applied in the field of biomedical
research, clinical diagnostics, and non-destructive material inspection. FDOCT can be categorized
into two embodiments. One is based on a wideband laser source and a spectrometer which is called
spectral domain OCT (SDOCT), and the other one is based on a frequency sweeping laser source and
a balanced photon detector which is called swept source OCT (SSOCT, also called optical frequency
domain imaging, OFDI). For both types of the FDOCT, the achievable imaging depth range is an
important performance indicator. In some situations, a long ranging depth is highly desirable. One such
example is for the endoscopic application where the distance between the distal end of the endoscopic
probe and the tissue surface cannot be accurately controlled. Another example is for imaging the
whole eye from anterior to retina.

For FDOCT, the ranging depth can be calculated using the formula Δz = λ0
2/4nδλ and is

fundamentally limited by the center wavelength λ0 of the light source, the spectral resolution δλ,
and the refractive index n. The spectral resolution is δλ = Δλ/N when the spectrometer is pixel-limited.
In this equation, Δλ represents the spectral bandwidth of the light source and N is the data number of
the digitized axial spectral interference signal that covers the bandwidth. In fact, there is a sensitivity
roll-off issue for FDOCT, which poses a further limitation to the practical imaging depth range. For the
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case of SDOCT, the sensitivity roll-off effect is due to the finite pixel number of the line scanning camera.
Due to this effect, the visibility of the spectral interference fringe is maximized when the optical path
difference (OPD) is zero and decays as the path length difference increases. Thus, the effective ranging
depth is defined as the imaging depth at which the sensitivity has decayed −6 dB from the peak
value [2]. For FDOCT, the complex conjugate ambiguity further limits the imaging depth to one half of
the full-range imaging space. Another limitation on the imaging depth of the FDOCT is posed by the
finite depth of focus of the objective lens.

For extending the effective imaging depth range, various techniques have been proposed. A novel
MEMS-Vertical Cavity Surface Emitting Laser (VCSEL) source-based [3] SSOCT system was developed
for in vivo high-speed imaging of the eye with an unprecedented imaging depth of 50 mm in air
and little sensitivity loss. The SDOCT system based on the orthogonal dispersion spectrometer [4] or
the frequency comb approach [5] was proposed for large ranging depth imaging through enhancing
spectral resolution. To solve the complex conjugate ambiguity, many complex Optical Coherence
Tomography (OCT) techniques were proposed. Among these complex OCT methods, an approach
involving spatial phase modulation induced by the pivot-offset galvo scanner (GS) in the sample arm
is regarded as a widely accepted way [6–9]. The technique was initially introduced for en face OCT
imaging [10]. In the approach, a slight eccentricity of the laser beam incident upon the galvo scanner
causes a path length modulation during lateral scanning, generating the required carrier frequency.
Recently, the optimization of galvo scanning for OCT was investigated [11].

Alternatively, based on implementing multiple reference arms in the FDOCT system the extended
ranging depth can also be achieved [12–16]. These multiple-reference-arm approaches can be roughly
categorized into two sorts: simultaneous acquisition approach and sequential acquisition approach.
For the simultaneous acquisition approach, Nezam et al. presented an OFDI system based on two
independent interferometer reference arms, each having an acousto-optic frequency shifter operating at
a distinct frequency and an independent round-trip delay [12]. Through combination of a dual-channel
OCT system focusing on different segments of the eye, Chuanqing Zhou et al. extended the imaging
depth using two OCT setups [13,14]. For the sequential acquisition approach, Hui Wang et al. proposed
a simple and inexpensive method for increasing the effective imaging depth range of the SDOCT
system, which was realized by employing a high-speed fiber optic switch to serially access two
reference paths with different offset delays [2]. Recently, Ruggeriet al. enabled OCT imaging of
multi-frames at four depths without sacrificing axial resolution by implementing a galvo scanner-based
mechanical optical switch in the reference arm [15]. They utilized the system to image the whole
eye from anterior to retina. More recently, a SDOCT system capable of deep depth imaging using a
3 × 3 fiber coupler, and a mechanical shutter was demonstrated [16]. To conclude, the simultaneous
acquisition approaches can extend the imaging depth of the OCT system without sacrificing the
effective imaging rate. However, they use either expensive frequency modulators or two OCT systems,
which increase the complexity and cost of the imaging system. Furthermore, due to splitting the
light source power into two channels, the simultaneous approaches suffer from a 3dB loss of the
imaging sensitivity [9]. On the other hand, the sequential acquisition approaches extend the ranging
depth with no sensitivity penalty, but with the penalty of halving the effective image acquisition rate,
and it cannot be applied in some applications that need to image the different depth regions of the
sample simultaneously.

In this paper, we present a simultaneous acquisition approach for extending the imaging depth
range of a SDOCT system. The method, which is termed spatial frequency domain multiplexing
method, is based on two pivot-offset galvo scanners in two separate reference arms. Galvo scanners
are popular devices that offer a good scanning speed, a good field of scan, high precision,
and repeatability [17]. Thus, the presented approach can image the different depth regions of the
sample simultaneously without any expensive acousto-optic or electro-optic modulation device. In the
following sections, we theoretically derive the parameter choice criteria for the high signal/crosstalk
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ratio (SCR) reconstruction and demonstrate the extended imaging depth performances of the
system experimentally.

2. Methods

2.1. Spatial Frequency Domain Multiplexing Spectral Domain Optical Coherence Tomography
(SDOCT) System

Figure 1 depicts the schematic of the spatial frequency domain multiplexing SDOCT system.
It comprises a super luminescent diode (SLD), an interferometer with two pivot-offset galvo scanners
implemented in the two separate reference arms, a custom-built spectrometer, and a personal computer
for signal processing and image display. Reference Arms I and II have different round-trip delays,
which correspond to the shallow and deep regions of the sample, shown as ZA and ZB in Figure 1. Thus,
two sets of the spectral interferogram corresponding to the depths ZA and ZB can be acquired. In the
sample arm, the light beam just incidents upon the pivot of the GS0 for sample scanning. The light
beams in the reference arms incident upon the GS1 and GS2 with the different offset distances s1 and
s2 away from the pivots, respectively, as shown in Figure 1.

Figure 1. Schematic of the spatial frequency domain multiplexing spectral domain optical coherence
tomography (SDOCT) system. SLD: super luminescent diode; FC: fiber coupler; NPBS: non-polarizing
beam splitter; M: reference mirror; GS: galvanometer scanner; L: lens; SMP: sample; COL: collimator;
PC: polarization controller; DG: diffraction grating; COMP: computer; CMOS: complementary metal
oxide semiconductor.

When the galvo scanners in the sample arm and reference arms are driven simultaneously,
the linear modulated phase will be added into the two-dimensional (2D) spectral interferograms.
By ignoring the signals that do not contribute to the depth localization in the sample for simplicity,
the 2D spectral interferogram detected at each wavenumber k and lateral position x can be expressed as

I(x, k) = 2S(k)
∫ √

R(x, z)cos[2nk(z − zA) + Φ1(x) + φA(x, z)]dz
+2S(k)

∫ √
R(x, z)cos[2nk(z − zB) + Φ2(x) + φB(x, z)]dz

(1)

where k represents wavenumber and k = 2π/λ, z is the depth position coordinate of the scatters
within the sample, n is the average refractive index of the sample, R (x, z) is the normalized intensity
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backscattered from the scatter at z, S(k) is the spectral density of the light source, Φ1 (x) and Φ2 (x)
represent the linear modulated phase induced by GS1 and GS2, and φA(x, z) and φB(x, z) are the
phases that relate to the optical heterogeneity of the sample in the focus coherence volume. If the
linear modulation phase Φ1 (x) and Φ2 (x) have different slopes about the lateral position, the spatial
frequency contents of the 2D OCT spectral interferogram corresponding to the depths ZA and ZB will
be shifted to the different center spatial frequencies away from the zero spatial frequency.

2.2. Demodulation Algorithm for Spatial Frequency Domain Multiplexing SDOCT

As shown in Figure 2, after taking the Fourier transform of the 2D spectral interferogram
I(x, k) along the x-direction (step (i) in Figure 2), we obtain the spatial spectrum of the 2D spectral
interferogram, which can be expressed as

Ĩ (ν, k) = FTx→ν {I(x, k)} = CA(ν + νc1, k) + ĈA(ν − νc1, k)
+CB(ν + νc2, k) + ĈB(ν − νc2, k)

(2)

where ν is the Fourier transform pair of x. C(ν, k) and Ĉ(ν, k) are the pair of Hermit conjugate term
due to the Fourier transform of the real valued interference signal and contain the same information
on the OCT signal in the spatial frequency domain. The subscripts A and B in Equation (2) indicate the
spatial frequency contents corresponding to depths ZA and ZB, respectively. νc1 and νc2 are the center
spatial carrier frequencies, which are proportional to the pivot-offset distances. For reconstruction of
the complex valued spectral interferogram, two band-pass filters with center frequencies of νc1 and
νc2 are applied to the spatial frequency spectrum (step (ii) in Figure 2). We then obtain the separated
spatial frequency content CA(ν + νc1, k) and CB(ν + νc2, k).

Figure 2. Data processing flowchart of the spatial frequency domain multiplexing SDOCT system.
FT: Fourier Transform.
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Two complex-valued spectral interferogram ĨA (x, k) and ĨB (x, k) can now be reconstructed by
performing the inverse Fourier transform from the spatial frequency domain back to the spatial domain
for the terms CA(ν+ νc1, k) and CB(ν+ νc2, k) (step (iii) in Figure 2). For reasons of energy conservation,
the data have to be scaled by a factor of 2. Then, after the k space re-sampling the two full-range OCT
images corresponding to the depths of ZA and ZB can be calculated by inversely Fourier transforming
the complex-valued linear-in-k spectral interferogram ĨA (x, k) and ĨB (x, k) along the wavenumber
direction. Finally, an extended range OCT image is formed by concatenating the image regions that
correspond to the effective ranging depths of the two full-range OCT images.

2.3. The Center Spatial Frequency and Parameters Design Criterion

Figure 3 is the sketch of the two reference arms with the pivot-offset galvo scanners. The color
lines represent the light beams when the galvo scanners are at different scan angles. The pivot-offset
distances are indicated as s1 and s2. The phase shift between successive axial scans (A-scan) induced
by the galvo scanner can be expressed as [9]

δφi =
8ωTsiπ

λ0
, i = 1, 2 (3)

where ω is the angular velocity of the galvo scanners, T is the exposure time of the camera in the
spectrometer, and λ0 is the center wavelength of the light source.

Figure 3. Sketch of the two reference arms in the spatial frequency domain multiplexing SDOCT
system. s1 and s2: the pivot-offset distances; L1 and L2: the focal lens in the reference arms; M1 and M2:
the plane mirrors; f: focal length of the focal lens.

Considering a tomogram of N depth profiles covering a lateral range of Δx, the two center spatial
carrier frequencies can be calculated by

νci =
δφi
2π

· N
Δx

i = 1, 2. (4)

The lateral scanning range Δx is calculated by

Δx = 2NωT f (5)

where f is the focal length of the sample objective.
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The positive spatial frequency range can be calculated by

νx =
N

2Δx
. (6)

For high-quality image reconstruction, another important parameter is the characteristic bandwidth
(BW) of the obtained spatial frequency contents, which is determined by the inverse speckle size.
The speckle size can be modeled by the transverse resolution, and BW can be expressed as [9]

BW =
πd

4λ0 f
(7)

where d is the collimated beam diameter entering the sample objective.
In theory, the proposed method could quadruple the effective imaging depth range compared

with a conventional SDOCT system. However, practically some factors can affect the improvement of
the range depth, which includes the crosstalk between the two spatial frequency contents of the two
depths signal, the crosstalk between the spatial frequency content and its complex conjugate content,
and the crosstalk between the spatial frequency contents and the interference term between the two
reference arms’ light fields. Crosstalk between the two spatial frequency contents corresponding
to the two depths can occur when the tails of the spatial frequency contents superpose with each
other as schematically represented in Figure 4a. In view of the Bedrosian theorem, spatial frequency
content should be well separated from the introduced modulation frequency and the other content for
successful reconstruction, as shown in Figure 4b. The crosstalk due to the reference arms’ interference
can be eliminated via background subtraction. According to Equations (3)–(7), the parameters
including the angular velocity ω, the complementary metal oxide semiconductor (CMOS) exposure
time T, and the offset distance si are all responsible to the image reconstruction quality. Thus, to avoid
crosstalk and fully utilize the proposed method for extended range imaging, the center spatial carrier
frequencies and the system parameters must be chosen carefully.

Figure 4. Schematic of the choice of the center spatial carrier frequencies. Crosstalk between the spatial
spectra occurs in (a), and the two spatial spectra can be well separated through parameters design as
shown in (b).

To quantify the crosstalk effect, we introduce the SCR defined as a function of the
frequency-spacing/bandwidth ratio (Δν/BW) for two reference arms, where Δν = νc2 − νc1 as
shown in Figure 4. According to the theoretical value, the SCR can be higher than 100 dB when
the frequency-spacing/bandwidth ratio τ satisfies the condition [12]

τ =
Δν

BW
≥ 3. (8)
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Furthermore, to avoid aliasing terms, the bandwidth of the spatial frequency content should be
narrow relative to the full spatial frequency range; in this case, the small phase fluctuations will not
cause a reduction of the SCR. This condition indicates that [9]

N
Δx

� BW. (9)

The criteria shown in Equations (8) and (9) will be used to guide the choice of the values of the
center spatial carrier frequencies and the other parameters in the experimental SDOCT system.

3. Experiments and Results

For experimental verification of the method, we constructed a fiber-based spatial frequency
domain multiplexing SDOCT system as depicted in Figure 1. The imaging system employs a super
luminescent diode light source (SLD-371-HP2, Superlum Inc., Carrigtwohill, Ireland) with a center
wavelength at 837 nm and a full width at half maximum (FWHM) of 54 nm. The beam diameter d in
the sample arm is 1.8 mm, which will produce a 44 μm 1/e2 diameter focal spot on the sample with a
confocal parameter of 3.7 mm. A 50/50 fiber coupler splits the light beam into the sample arm and the
reference arms. In the sample arm, the light beam is deflected by a 2D galvo scanner and focused via a
75 mm achromatic lens L0 to the sample. Within the reference arm, a wide bandwidth non-polarizing
beam splitter (NPBS, Daheng Optics Inc., Beijing, China) is used to divide the reference optical power
into the two separate reference arms. The fiber collimator on a translation stage in the reference arm is
used to adjust the overall delay of the two channels. The single-pass OPD between Reference Arms I
and II is set to 3 mm. The GS1 and GS2 are the X and Y mirror of a pair of large beam 2D GS system
(GVS012, Thorlabs Inc., Newton, NJ, USA), respectively. The focus lengths of achromatic lens L1and
L2 are both 30 mm. The plane mirror M1 and M2 are the wide bandwidth dielectric coated mirrors
covering the wavelength range of 800 to 900 nm. The spectral interference signal is detected by a
custom-built spectrometer, which consists of a collimator (f = 60 mm, OZ optics Inc., Ottawa, ON,
Canada), a transmissive diffraction grating (1800 lines/mm), a camera lens (f =105 mm, Nikon Inc.,
Tokyo, Japan), and a line-scan CMOS camera (sp2048-70km, Basler AG Inc., Ahrensburg, German).
The spectral resolution of the spectrometer is 0.065 nm, allowing for a theoretical effective imaging
depth range of 3.5 mm.

In view of avoiding aliasing terms and according to Equation (9), the number of A-scans per B-scan
is set to 500, and the lateral scanning range is set to 1.3 mm. The highest positive spatial frequency
calculated by Equation (6) is 192 mm−1. According to the values of the sample beam diameter d,
the center wavelength, the focus length of the sample objective and Equation (7), the theoretical BW
of the spatial frequency content is calculated to be 22.5 mm−1. In order to suppress the crosstalk of
the two spatial frequency contents of the two depths signal, the difference of the two center spatial
carrier frequencies must be greater than 67.5 mm−1 according to Equation (8). Considering that the
optimal conjugate suppression ratio occurs when δϕ is π/2 [9], each of the two center spatial carrier
frequencies needs to be close to the central region of the positive spatial frequency range. Thus, the two
center spatial carrier frequencies νc1 and νc2 are set to 56.5 and 123.5 mm−1, respectively. According to
Equation (4), the phase shift δϕ1 and δϕ2 between successive axial scans are calculated to be 0.3π and
0.7π. The angular velocity of the galvo scanners is set to 0.93 rad/s. The exposure time of the CMOS
camera is set to 18 μs. According to Equation (3) and the above parameters, the pivot-offset distances
on the GS1 and GS2 mirrors are calculated to be 1.8 and 3.9 mm, respectively. The pivot-offset distance
is adjusted via the diagonal translation of the scanners to keep the light beam at the center of the
focusing optics.

To experimentally characterize the extension of the imaging depth range of the spatial frequency
domain multiplexing SDOCT system, the point spread function is measured by using a plane mirror at
various depths in the sample arm. Figure 5 shows the experimentally measured normalized sensitivity
as a function of depth for the two reference arms. The measured value of the absolute sensitivity is
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59.7 dB. From Figure 5, the separation between the two sensitivity peaks can be used to calibrate the
actual relative OPD between the two reference arms, and it can be shown that the actual relative OPD
is about 3 mm. The benefit from the use of the spatial frequency domain multiplexing SDOCT system
is also demonstrated, and the effective imaging depth range for the proposed system is increased
from about 3.4 to 6.4 mm, compared with a conventional full-range SDOCT without depth range
enhancement. The depth enhancement factor is 1.9. In this demonstration, the two sensitivity curves
are crossed at the −5.5 dB from the sensitivity peaks. Therefore, the effective imaging depth range
would be doubled if the relative optical path delay was precisely tuned to make the two sensitivity
curves cross at the −6 dB point from the sensitivity peaks.

Figure 5. The measured sensitivity curves corresponding to the Reference Arm I and Reference Arm II.

To demonstrate the ranging depth enhancement, we compare image results of the OCT images
acquired by the proposed two-reference-arm spatial frequency domain multiplexing approach and the
conventional single-reference-arm approach. Firstly, an artificial phantom is imaged by the system.
Figure 6a shows the photograph of the phantom taken with a digital camera. The phantom is made by
sticking two blocks of sellotape to generate a step 3 mm high. Figure 6b–d are the complex conjugate
ambiguity free OCT images of the phantom reconstructed by the data processing algorithm described
previously. Figure 6b shows the image acquired with Reference Arm I open while blocking Reference
Arm II. As we can see, the upper part of the step is clearly imaged, while the image of the lower
part is hard to be discerned. The OPD between the upper part and Reference Arm I resides in the
effective imaging range, while that of the lower part and Reference Arm I is larger than 6 mm, out of
the effective imaging range. Figure 6c shows the OCT image acquired with Reference Arm II open
while blocking Reference Arm I. Likewise, the lower part of the step can be clearly imaged, while the
upper part is not clear. Figure 6d shows the reconstructed OCT image of the phantom acquired with
both Reference Arms I and II open. The whole phantom including the upper and lower part of the step
can be clearly seen. The imaging depth-enhanced OCT image of the artificial phantom demonstrates
the feasibility of the proposed method for extending the OCT ranging depth.

The biological tissue of the swine adipose is also in vitro, imaged and compared with the results
acquired by the proposed two-reference-arm spatial frequency domain multiplexing approach and
the conventional single-reference-arm approach. Figure 7a,b show the images recorded using the
two Reference Arms I and II separately. In each case, the area of the tissue around the DC signal
component has maximum sensitivity. Figure 7c shows the OCT image of the tissue acquired with both
of Reference Arms I and II open. As we can see, the upper and lower part of the biological sample is
clearly appeared at the same time. Figure 7d plots an A-scan profile from the same sample position
indicated by the red arrows in Figure 7a,b. It can be seen that the signal is about 13 dB stronger than
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that of the signal 3 mm away due to the sensitivity roll-off. The extended range OCT image of the
biological tissue obtained with the system demonstrates the feasibility of the proposed method for
extending the OCT ranging depth. Because the galvanometer scanners in the system are used for phase
modulation of the lateral interference spectral signal, the phase noise does not affect the quality of the
results. In future, the proposed method for extending the OCT ranging depth can be combined with
the depth of the focus extension method to improve the quality of the extended range OCT image.

Figure 6. (a) The photograph of the artificial phantom of a step comprised of two blocks of sellotape.
The red line is the lateral scan position on the phantom; (b,c) the cross-sectional optical coherence
tomography (OCT) image of the phantom acquired with the conventional single-reference-arm
approach; (d) the extended range OCT image acquired with the proposed two-reference-arm spatial
frequency domain multiplexing approach. The blurry horizontal white line is the residual direct current
(DC) term.
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Figure 7. Cross-sectionalOCT image of the swine adipose tissue, (a,b) acquired with the conventional
single-reference-arm approach. (c) The extended range OCT image is obtained with the two-reference–arm
spatial frequency domain multiplexing approach. The blurry horizontal white line is the residual DC
terms. (d) A-scans at the position marked by the red arrows in (a,b) demonstrate the advantage of the
ranging depth extension.

4. Conclusions

We have proposed and demonstrated a spatial frequency domain multiplexing method to
extend the effective imaging depth range for SDOCT system without any expensive acousto-optic
or electro-optic modulation device. The spatial frequency domain multiplexing is realized by using
two pivot-offset galvo scanners in the two reference arms. The images of shallow and deep regions
of a sample can be multiplexed and acquired simultaneously with no image acquisition rate penalty.
The proposed two-reference-arm spatial frequency domain multiplexing SDOCT system provides an
approximately 1.9-fold increase in the effective imaging range compared with that of a conventional
single-reference-arm full-range SDOCT system. We present key system parameter design criteria for
ensuring a high signal/crosstalk ratio imaging. The images of an artificial phantom and the swine
adipose tissue reconstructed with the proposed method demonstrate the expected increase in the
effective imaging depth range. This simple and low-cost method is also applicable to the SSOCT
system, and desirable in the in vivo applications requiring a relatively long imaging range.
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Abstract: Needle segmentation is a fundamental step for needle reconstruction and image-guided
surgery. Although there has been success stories in needle segmentation for non-microsurgeries,
the methods cannot be directly extended to ophthalmic surgery due to the challenges bounded to
required spatial resolution. As the ophthalmic surgery is performed by finer and smaller surgical
instruments in micro-structural anatomies, specifically in retinal domains, difficulties are raised for
delicate operation and sensitive perception. To address these challenges, in this paper we investigate
needle segmentation in ophthalmic operation on 60 Optical Coherence Tomography (OCT) cubes
captured during needle injection surgeries on ex-vivo pig eyes. Furthermore, we developed two
different approaches, a conventional method based on morphological features (MF) and a specifically
designed full convolution neural networks (FCN) method, moreover, we evaluate them on the
benchmark for needle segmentation in the volumetric OCT images. The experimental results show
that FCN method has a better segmentation performance based on four evaluation metrics while MF
method has a short inference time, which provides valuable reference for future works.

Keywords: needle segmentation; ophthalmic microsurgery; Optical Coherence Tomography

1. Introduction

Recent research shows that eye pathologies contribute to more than 280 million visual
impairments [1]. Therefore, there is an increasing demand for the ophthalmic surgery due to such
a large number of claims. Vitreoretinal surgery is a conventional ophthalmic operation consisting of
complex manual tasks, as shown in Figure 1. The incisions, created by keratome and trocar at the
sclera in a circle and 3.5 mm away from the limbus [2], are made to provide the entrance for three
tools: light source, surgical tool, and irrigation cannula [3,4]. The irrigation cannula is used for liquid
injection to maintain appropriate intraocular pressure (IOP). The light source is used to illuminate the
intended area on the retina, allowing the planar view of the area obtained and analyzed by surgeons
through the microscope. To address these challenges, the surgical progress proposes a great challenge
of delicate operation and sensitive perception to surgeons. The surgical instrument segmentation is the
first step to estimate the needle pose and position, which is extremely important to enhance surgeons’
concentration under low illumination intraocular condition.
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Figure 1. Description of a conventional ophthalmic microsurgery.

Among a variety of surgical tools in ophthalmic operations, the beveled needle is a widely used
surgical instrument for delivering the drug into micro-structural anatomies of the eye such as retinal
blood vessels and sub-retinal areas. Many studies have been carried out with significant progress
in the needle segmentation through microscopic images [5–8]. These works achieved satisfactory
results using either color-based or geometry-based features. Nevertheless, due to the limitation
of two-dimensional (2D) microscopic images, these detection results in en-face plane view cannot
provide enough information to locate the needle pose and position in three-dimensional (3D) space.
Many widely used 3D medical imaging technologies, such as computed tomography (CT) scans,
fluoroscopy, magnetic resonance (MR) and ultrasound are already applied in brain, thoracic and
cardiac surgeries, not only for diagnostic procedures but also as real-time surgical guides [9–13].
However, these imaging modalities cannot achieve a sufficient resolution for ophthalmic interventions.
For instance, in MRI-guided interventions with millimeter resolution in breast and prostate biopsies,
18 gauge needles with a diameter of 1.27 mm are used. Yet for ophthalmic surgery, 30 gauge needles
with a diameter of 0.31 mm require resolution submillimeter [14].

Optical Coherence Tomography (OCT) is originally used in ophthalmic diagnosis for its
micron level resolution [15]. Recently, OCT application has been extented to provide real-time
information of intra-operative interactions between the surgical instrument and intraocular tissue [16].
The microscope-mounted intra-operative OCT (iOCT) developed by Carl Zeiss Meditec (RESCAN 700)
was firstly described in clinical use in 2014 [17]. The iOCT integrated to on this microscope is
capable of sharing the same optical path with the microscopic view and provide real-time cross
section information, which is an ideal imaging modality for ophthalmic surgeries. The iOCT device
can also obtain a volumetric image cubes with multi B-scans acquirements. The scan area can be
adjusted via region-of-interest (ROI) shown in the microscopic images in CALLISTO eye assistance
computer system.

When using iOCT to estimate the needle pose and position, the first step is to obtain the needle
point cloud and to segment the needle voxels in the volumetric OCT images. Apart from the difficulties
caused by image speckle, low contrast, signal loss due to shadowing, and refraction artifacts, the needle
in OCT images has much more details of the tip part (needle may have several fragments in the B-scan
image) and has illusory needle reflection [18]. All these challenges make needle segmentation in OCT
images different from other imaging modalities such as 3D ultrasound. To the best of our knowledge,
there is no systematic empirical research addressing the needle segmentation in volumetric OCT
images. Previous studies from [19,20] focused on the visualization of volumetric OCT. Rieke et al.
[7,21] studied the surgical instrument segmentation in cross-sectional B-scan image. In their work,
the position of the cross-section is localized by microscope image, and the pattern of needle in B-scan
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image is simplified. Therefore, their methods cannot be directly applied to segmenting the needle in
volumetric OCT images.

This study focuses on developing the approaches in two popular mechanisms for needle
segmentation in volumetric OCT images. We propose two methods, corresponding to mechanisms
of manually feature exaction and automatically feature exaction, to tackle difficulties for the needle
segmentation in OCT images: (a) with the needle shadow principle [22], a conventional method based
on morphological features (MF) comes to the mind; (b) another approach is based on the recently
developed fully convolution neural networks (FCN) [23], which has been applied for MRI medical
image analysis. The MF method is usually straightforward which needs features with parameters
manually input upon the analysis of all situations. The FCN is a complicated network which can
learn all features automatically by properly training the model based on dataset. We extend the FCN
method to identify the needle in OCT images. The main contributions of this paper are: (a) A specific
FCN method is developed and compared with the conventional method for the needle segmentation
with different pose and rotation; (b) A benchmark including 60 OCT cubes with 7680 images is set
up using ex-vivo pig eyes for evaluation of both methods. The rest of the paper is organized as
follows: Section 2 gives the basic configuration of OCT and typical patterns of needle in OCT B-scan
images, afterwards, two methods are presented for needle segmentation in detail. We carry out the
experiments and describe the results in Section 3. Section 4 gives the discussion and Section 5 concludes
the presented work.

2. Method

The schematic diagram of needle segmentation in OCT cube is shown in Figure 2. In order to
preserve as much information as possible, the highest resolution of OCT scan on RESCAN 700 is
selected which is 128 B-scans each with 512 A-sacns in 3 × 3 mm. Each A-scan has 1024 pixels for the
2 mm depth information (see Figure 2a). Figure 2b shows the needle in an ex-vivo pig eye experiment,
which is an en-face plane view obtained by the ophthalmic microscope. The scan area is decided by the
rectangle and can be adjusted by a foot panel connected to the RESCAN 700. Afterwards, the volumetric
OCT images are generated (see Figure 2c). Figure 2d is the needle segmentation based on the process
of OCT image cube. By taking consideration of different needle rotations and positions in OCT cube,
the needle in B-scan can be seen as the following patterns in Figure 3. It shows that most of the needle
fragments have the clear shadow except for the needle tip part. The refraction fragment usually has
a larger amount of pixels in comparing to normal imaging parts. The qualified method should be able
to segment as many needle pixels as possible in various conditions.

Figure 2. The schematic diagram of needle segmentation in an Optical Coherence Tomography (OCT)
cube. (a) The needle in OCT cube; (b) The microscopic image of the needle with ex-vivo pig eyes (the
white box indicates the OCT scan area); (c) The output of B-scan sequence; (d) The needle (yellow) and
background (gray) segmentation point cloud.
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(a) (b) (c)

(d) (e) (f)
Figure 3. The different patterns of needle seen in OCT B-scan (The needle fragments are labeled with
yellow bounding box). Form (a) is the needle tip without clear shadow. Since this part of the object
is too small, the result of light diffraction leads to unclear shadow on the background. (b) shows the
needle tip with clear shadow. In this form the needle is downwards-beveled that can be seen as a single
fragment piece in the OCT B-scan. In form (c) the needle body has clear shadow. In forms (d,e) several
needle tip fragments with clear shadows can be seen here the needle is upwards-beveled; (f) shows the
needle refraction fragment in this form the needle is out of OCT image range with a clear refraction
in B-scan image.

2.1. Morphological Features Based Method

Due to the fact that most of the needle parts in each B-scan are located outside the tissue creating
shadows, a morphological feature based method is proposed. The B-scan gray image is transformed
into a binary image by thresholding the OCT images. The threshold value is adaptively defined based
on statistical measurements of each B-scan. This simple and effective method has been used and
evaluated in the automatic segmentation of structures for OCT images [24]. Moreover, a median filter
is applied for eliminating the noise. Furthermore, the topmost surface is segmented and considered
as the tissue surface. By scanning from left to right, any vertical jump or drop in this surface layer
is detected and considered as the beginning and the end of an instrument reflection, respectively.
To avoid the misdetection of anatomical features of the eye tissue as a reflection caused by the needle,
only reflections with invisible intra-tissue structures are confirmed to be needle reflections. A bounding
box is used to cover the region of detected needle part, see Figure 2b–e, and the width of bounding
box reflects the width of needle cross-section which can be used to analyze the diameter of the needle.
In consideration of the situation for several needle tip parts, the bounding boxes in one B-scan image,
whose distance between any two of them is less than a threshold db, can be merged into one bounding
box. The needle refraction fragment will be then removed from the detected results since it is not the
real needle position. Removal operation will be performed when either of the conditions is satisfied:
(1) the top edge of the needle fragment bounding box is closed to the upper edge of the image;
(2) the number of needle pixels is more than a threshold. Here, in the MF method, features are obtained
by observation and summarization of the needle patterns in the B-scan image. Some of the parameters
are manually decided which may influence the accuracy of segmentation. In the next section, we will
introduce another method that can learn the features by itself with the training dataset.
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2.2. Full Convolution Neural Networks Based Method

2.2.1. Network Description

In this section, we present a specifically designed FCN method inspired by the work
of Long et al. [23]. Figure 4 shows the schematic representation of our network. We perform
convolutions aiming at both extracting features from the data and segmenting the needle out of the
image. The left part of the network consists of a compression path, while the right part decompresses
the signal until original sizes are reached.

128x256512x1024512x1024

Figure 4. The architecture of full convolution neural networks (FCN) based needle segmentation
method.

In order to reduce the size of the network and consider existence of the needle in B-scan image
sequence continuously, we take three adjacent B-scan images in OCT cube as input and resize the image
with a factor of χ. The left side of the network is divided into different stages operating at different
resolutions. Similar to the approach demonstrated in [23], each stage comprises one to two layers.
The convolution layer performed in each stage uses volumetric kernels having a size of 7× 7× 3 voxels
with stride 1. The pooling uses the max-pooling operation in FCN with 7 × 7 × 3 voxels with stride 2,
thus the size of the resulting feature maps is halved. PReLu non linearities are applied throughout
the network. Downsampling allows us to reduce the size of the input information, and furthermore
increase the receptive field of the features being computed in subsequent network layers. Each pair of
the convolutional and pooling layers computes two times higher features more than the one in the
previous layer.

After three convolutional layers with image size of 4 × 8 × 3, the network increases the
low-resolution input by de-convolution combining the pooling results from previous layers [23].
The two feature maps computed from the last convolutional layer, having 1 × 1 × 1 kernel size and
producing the same size as input images which will be converted to probabilistic segmentations of
the foreground and background regions by using soft-max operation. In order to obtain the original
resolution of the needle foreground, the segmentation result from FCN is used to fuse with the original
image after binarization and 4-connected components labeling. The labeled area with a certain number
of pixels voting from the output foreground of FCN will be considered as the needle fragments.
All needle fragments will be covered by one bounding box to indicate the ROI.
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2.2.2. Training

The needle fragment always occupies only a small region in B-scan image compared to the
background, which leads the network having a strong bias towards the background. In order to avoid
the learning progress trapping into the local minima, the dice coefficient based objective function is
used to define our subject function. This will increase the weight of the foreground during the training
phase. The dice coefficient � of the two binary images can be represented as [25]:

� =
2 ∑n
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where the predicted binary segmentation image pi ∈ P, the ground truth binary volume gi ∈ G and n
indicates the amount of pixels. The gradient can be calculated to obtain the gradient with respect to
the j-th pixel of the prediction.
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After the soft-max operator, we obtain a map of probability for the needle and the background.
The pixel with a probability of more than 0.5 will be treated as the needle part.

3. Experiments and Results

3.1. Experimental Setup and Evaluation Metrics

The experiments were carried out on ex-vivo pig eyes. A micro-manipulator was used to grip
the needle. The CALLISTO eye assistance computer system was established to show the microscopic
image and display preview of OCT scans (see Figure 5). A foot pedal connected to the RESCAN700
was settled to relocate the scan area. We captured the needle with different poses and positions in
OCT scan area on ex-vivo pig eyes. The OCT cube with resolution of 512 × 128 × 1024 voxels and
a corresponding imaging spatial area of 3 × 3 × 2 millimeters, 60 OCT cubes with 7680 B-scan images
were manually segmented and marked the needle pixels as the ground truth data set.

Figure 5. The experimental setup of ophthalmic microsurgery on ex-vivo pig eyes. The micro-manipulator
is designed to grasp the syringe and place the needle close to the eye tissue. The CALLISTO eye assistance
computer system is set up to display the en-face microscopic image and cross sectional images of OCT cube.

Both of the aforementioned methods were implemented on a Intel(R) Xeon(R) CPU E5-2620
v3 2.40 GHz with a GeForce GTX 980 Ti and memory of 64 GB running Ubuntu 16.04 operating
system. The MF based method was implemented with OpenCV 2.4 in C++. The FCN based method
used Caffe [26] framework to design network with python and the rest image processing parts were
implemented also with OpenCV 2.4 in C++. We used four metrics to evaluate the performance of two
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methods. Let np be the number of needle pixels in prediction, and n′
p be the number of needle pixels in

prediction correctly. The details of the four metrics are described as follow: (1) pixel error number can
be false positive (FP) needle pixels and false negative (FN) needle pixels in predicted result; (2) pixel
accuracy rate equals n′

p/np; (3) The average bounding box absence rate indicates the degree of missing
needle segment in B-scan image; (4) The width error of bounding box influences the further needle
dimension analysis.

3.2. Results

Among 60 OCT cubes, 40 OCT cubes with 5120 images are applied to training the proposed
network, while the rest 20 OCT cubes are used to verify the CNN network meanwhile giving
a comparison with the MF based method. The needle in each cube has different pose and position,
but all B-scan image sequences follow a pattern of no needle appearance to needle appearance since
the needle appearance is always continuous. In order to make the segmentation result of each cube
comparable, we mapped all indexes of B-scan images in one cube into three piecewise intervals with
the increasing index, (1) no needle above the tissue, (2) needle appearance, and (3) needle above the
tissue but out of OCT image range thus reflection exists. All indexes of B-scan images were mapped
such that 0–25% is the first interval, 25–75% is the second interval and 75–100% is the third interval.
Therefore, in case in an OCT cube the index for the first needle appearance image (taken from the
ground truth) is at 50 and the index for needle end image is at 100, the currently evaluated image has
an index of 60, and its metrics information will be at 25% + (60 − 50)/(100 − 50) = 45%. The metrics
for this image are then sorted into buckets of 2% and the values are averaged over other images’
metrics value in the given bucket.

The evaluation of two methods under four metrics is shown in Figure 6. Figure 6a shows the
comparison of FN and FP for the average needle pixel number using two methods. The average pixel
number of FP for MF and FCN is almost equal to 0 which means that few background pixels are
classified as needle points. For the performance of average pixel number for FN, both methods have
problems with recognition at the beginning of the needle. This artifact is probably caused by unclear
shadow of the small needle tip segmentation. However, the FCN performs better than the MF which
indicates fewer needle pixels are incorrectly classified to the background. The overall average FN pixel
number for two methods are 187.2 and 34.1, respectively. Especially, the FCN can almost segment
all of the needle pixels for the needle body part. Figure 6b shows the accuracy rate of needle pixel
for two methods, which further indicates that the beginning of needle tip part has a low accuracy
rate with 0.19 and 0.33 for MF and FCN, respectively. Both methods give an acceptable accuracy rate
during the needle body, while FCN has a better accuracy rate. The comparison of detection accuracy
rate for bounding box is shown in Figure 6c. The rate of missing bounding boxes for MF method is
quite dramatic in the beginning with around 80%, but rapidly drops to a steady 10% until around
the middle. Starting from the middle, almost all bounding boxes are calculated correctly. The FCN
method has a similar pattern with better results. It has 66.6% of missing bounding box rate at most for
the beginning of needle tip and almost none of missing bounding box detection for the needle body
part. Figure 6d gives the average width error of bounding box detection in the same level that the
maximum of average width error is under 1 pixel.

We also analyze the performance results of two methods with each processing stage per B-scan
image (see Tables 1 and 2). The FCN method has a 121.83 ms average inference time while the MF
method has a shorter inference time of 25.6 ms, indicating that MF method performs better for time
sensitive purpose usage on the current platform. The variance of FCN method is lower than MF
method as the number of operations is always the same in FCN method, revealing that the FCN
method is more robust to the dataset and more general to the application.
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Figure 6. The accuracy performance of FCN and MF based methods. (a) Comparison of false negative
(FN) and false positive (FP) for the average number needle pixels using two methods; (b) Comparison
of average accuracy rate of needle pixels using two methods; (c) Comparison of average absence rate
of bounding box using two methods; (d) Comparison of average pixels error for width of bounding
box using two methods.

Table 1. MF method inference time.

Stage Mean (ms) Variance (ms)

Loading 0.71 0.10
Filtering 7.87 2.22
Detection 17.02 20.55

Total 25.6 22.6

Table 2. FCN method inference time.

Stage Mean (ms) Variance (ms)

Loading 0.72 0.11
CNN 97.46 4.67

Fusion 6.63 0.38
Total 121.83 4.91

4. Discussion

This study modified and improved two methods based on the previous work to tackle the
challenges for needle segmentation in OCT images: the MF method and the FCN method. The MF
based method mainly relies on the needle shadow feature which is hand-crafted by researchers. The
FCN method learns the features by itself which is more efficient and less time-consuming as it avoids
the cumbersome hand designing phase. The evaluation of two methods is performed with 60 OCT
cubes using 7680 B-scan images captured on ex-vivo pig eyes. The experimental results show that
FCN method has a better segmentation performance in terms of four evaluation metrics than the MF
method. Specifically, the overall average FN needle pixel number is 187.2, and 34.1; the average needle
pixel accuracy rate is 90.0%, and 94.7%; the average bounding box accuracy rate is 92.5%, and 97.6%
and average pixels error for bounding box is 0.09, and 0.07; for the MF method and FCN method,
respectively. Although this study is not targeting on obtaining the highest performance by tunning the
FCN network, Our results elucidate that deep learning method indeed generates a powerful model on
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our small dataset. A future direction is indicated to try different deep learning methods and record
more training data. Regarding the runtime, the average inference time of the MF method is four times
shorter than FCN method, that is 25.6 ms, and 121.83 ms, respectively. The MF method is a good choice
when real-time information is required. The inference time of FCN method can also be improved using
parallel programme on more advanced GPU platform. It is possible to get a balance between efficiency
and complexity by fusing these two methods together. It is also worth to note that the variance of
total inference time for FCN method is lower than MF method for the number of operations in FCN
remaining the same in different input images.

Although both methods achieve an average needle pixel accuracy rate above 90.0%, they have
problems on segmenting the needle tips, especially for the very beginning part. A potential reason is
that the tiny needle segments in B-scan, the image noise as well as the shadows caused by light
diffraction principle can be easily mixed with each other. There is a clear improvement from
FCN method on the performance for the needle body part, showing almost perfect segmentation
results. This also indicates that our future work should focus on improving the needle segmentation
performance on the tiny needle tips.

5. Conclusions

We studied the first step of obtaining the needle point cloud for needle pose and position
estimation: the needle segmentation in OCT images. We proposed two methods: a conventional
needle segmentation method based on morphological features and a fully convolutional neural
networks method. These are two typical machine learning methods in image segmentation, manually
feature designing based method (MF method) and automatically feature learning based method
(FCN method). We analyzed our evaluation results based on the segmentation performance and
runtime requirement. Two important insights from our experiments are that the deep learning method
generates the discriminative model very well and conventional machine learning method can achieve
real-time performance very easily. We believe that our work and insights will be highly helpful and
can be referenced as a fundamental work for future needle segmentation research in OCT images. It is
also worth to note that the FCN method can segment not only the surgical tools and but also the retinal
tissue, which provides additional information to guide the positioning of the surgical tools, such as an
alarm warning on the distance between the tool and underlying retinal tissue.

In future, we would like to collect more data and apply the state-of-the-art deep learning model
on them. Moreover, we will build up a specific tiny needle tip recognition model in order to overcome
the shortness in current performance. A future design can integrate two methods to speed up the
processing with better performance. The conventional method could detect the indexes of B-scan
images with needle preliminarily in a short time, and then the deep learning is used to segment these
B-scan images accurately.
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Abstract: Calibration loss of ovens used in sintering metal ceramic prostheses leads to stress and
cracks in the material of the prostheses fabricated, and ultimately to failure of the dental treatment.
Periodic calibration may not be sufficient to prevent such consequences. Evaluation methods based
on firing supplemental control samples are subjective, time-consuming, and rely entirely on the
technician’s skills. The aim of this study was to propose an alternative procedure for such evaluations.
Fifty prostheses were sintered in a ceramic oven at a temperature lower, equal to or larger than the
temperature prescribed by the manufacturer. A non-destructive imaging method, swept source (SS)
optical coherence tomography (OCT) was used to evaluate comparatively the internal structure of
prostheses so fabricated. A quantitative assessment procedure is proposed, based on en-face OCT
images acquired at similar depths inside the samples. Differences in granulation and reflectivity
depending on the oven temperature are used to establish rules-of-thumb on judging the correct
calibration of the oven. OCT evaluations made on a regular basis allow an easy and objective
monitoring of correct settings in the sintering process. This method can serve rapid identification of
the need to recalibrate the oven and avoid producing prostheses with defects.

Keywords: metal ceramic dental prostheses; optical coherence tomography (OCT); non-destructive
evaluation; sintering technology; material defects

1. Introduction

Dental ceramic materials are essential in producing prostheses to replace missing teeth or damaged
dental structures. Ceramics are inorganic, non-metallic materials manufactured by heating raw
minerals at high temperatures [1]. The issue is that materials like ceramics and glasses are brittle: they
display a high compressive strength but a low tensile strength; therefore, they may be fractured under
a low strain of only 0.1 to 0.2% [2,3]. As restorative materials, dental ceramics present disadvantages
due mostly to their inability to withstand the functional (especially mastication) forces that are present
in the oral cavity [3].
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While all dental ceramics display low fracture toughness when compared with other dental
materials (such as metals), metal ceramic dental prostheses combine both the exceptional esthetic
properties of ceramics and the good mechanical properties of metals. Their technology is mature,
and advanced materials are used in such constructs [2–4]. However, fractures of the metal ceramic
prostheses may occur occasionally [4,5]. Chippings of prosthetic constructs are hard to fix, especially
when they are already cemented in the oral cavity.

One of the major causes of the defects that cause cracks and chippings in prosthetic constructs
is related to the loss of calibration of the ceramic oven used to fabricate them. Thus, in time (over
two or three years [6], and also from our own experience), the ceramic oven may display a different
temperature than the real internal temperature. The oven thermal regime is usually adjusted by the
dental technician, taking into account the quality of the prostheses produced. Experienced ceramists
are guided by the translucency and texture of the ceramic of a fabricated sample using the clearest
porcelain powder. However, such a method is performed visually, and therefore relies entirely on the
subjective judgment of the operator and it needs a supplemental sample. Quantitative assessments
based on Scanning Electron Microscopy are destructive, as they require samples to be cut. Additionally,
the very process of cutting the sample introduces artefacts.

The most modern computerized ceramic ovens run a self-diagnostic process to check the quality
of the electronics, muffle, and vacuum. Some of the VITA ovens (VITA North America, USA)
auto-calibrate themselves every time they are turned on [7]. In general, when a difference in the
porcelain is noticed, manufacturers of dental ovens recommend double-checking their calibration by
using a tab of clear or window-type porcelain to determine the firing temperature. The ceramists
are also advised by the manufacturers to perform the calibration at least once every six months [6].
The problem is that a possible loss of calibration of the oven could happen totally unexpectedly,
leading to an improper thermal regime that results in thermal stress inside the ceramic structure.
This determines failure of the dental prosthetic treatment [8]. As ovens may process tenths or even
hundreds of prostheses each day, such an unexpected and undesired loss of calibration may impact
numerous patients negatively. The problem may lay undetected for a certain period of time.

The aim of this paper is to evaluate the utility of an established biomedical imaging technique,
optical coherence tomography (OCT), in establishing the correct settings used by ovens. OCT is based
on low coherence interferometry [9]. Interferometry confers the method with better depth penetration
than conventional microscopy while its low coherence leads to micrometer axial resolution [10,11].
In comparison to other investigation methods for teeth and dental constructs, such as radiography and
Cone Beam Computer Tomography, using optical waves of low power, OCT is totally non-invasive.
Additionally, OCT exhibits better resolution capability than these methods, essential in the investigation
of material granulation [12]. For the present study, the swept source (SS) OCT method is chosen for
its superior acquisition speed and sensitivity [13,14]. In order to produce quick images with en-face
orientation (similar to microscopy), the Master Slave (MS) OCT method for processing the electrical
signal is employed [15].

Non-invasiveness and high resolution have promoted OCT towards a wide range of applications,
such as biomedical diagnosis (in ophthalmology [9–11], dermatology [16], dentistry [17–20], and
endoscopy [21]) and non-biomedical testing (of glass, plastic, and semiconductors [22,23], as well as of
profiles of metallic surfaces [24]). The advantages, as well as the limitations/complementarities of OCT
in relationship to other investigation methods have been reported in respect to imaging teeth [25–27]
or different types of dental constructs [28–33]. Relevant to non- destructive testing, targeted here, the
impact of the OCT light source, of its central wavelength, as well as of specular reflection, have already
been considered [23].

176



Appl. Sci. 2017, 7, 552

In this study, we demonstrate that MS/SS-OCT can be used to identify, more frequently than at
standardized periods, possible undesired variations of the oven temperature. The application of the
MS/SS-OCT is simple, fast and non-invasive, based on the imaging of ceramic constructs only, which
are simply produced each day. The aim is to achieve this operation independently to other calibrating
procedure recommended by the manufacturer.

With such a method, the technician may immediately infer that a temperature calibration
is mandatory.

2. Materials and Methods

For this study, Duceram Kiss ceramics (DeguDent GmbH (a Dentsply Sirona Company),
Hanau-Wolfgang, Germany) have been selected for evaluation. This choice has been based on the
fact that the composition of each Duceram Kiss ceramic is adapted to meet the needs of its particular
fabrication process and framework, with specific parameters to be observed, such as its coefficient of
thermal expansion (CTE) [3]. Stress cracks and fractures are thus avoided and strength parameters such
as bonding, adhesion and retention are assured. This ceramic material has the following characteristics:
CTE Dentine 13.0 μm/m·K; dental ceramics, type 1, classes 2–8 according to DIN EN ISO 6872;
metal-ceramic bond characterization, flexural strength and chemical solubility according to DIN EN
ISO 9693. The optimization of the number of pigments is also a major part of the solution to the
problem of metamerism, which refers to the display of a certain color shade of the dental prostheses
depending on the source of light utilized, for example typical indoor lighting or outdoor daylight.
In classical high-fusing veneering ceramics, the opalescent effect vanishes after a number of firing
cycles [34]. By contrast, in Duceram Kiss, this effect will visibly persist. These superior characteristics
simplify our study, as the temperature variations in the sintering oven are likely to be the only source
of error/liability of these materials in the manufacturing process of the prostheses. On the other hand,
a double check of the technician’s work and his supervision during the procedure phases—to assure
complying with the manufacturer’s requirements—provide a minimization of human errors.

A number of 50 Duceram Kiss metal ceramic crowns were used in the study, split into five
groups, with 10 each. They were sintered at different temperatures and then investigated by using the
MS/SS-OCT system.

Fifty similar metal copings corresponding to the first maxillary incisor were obtained (Figure 1).
The choice of these specific prostheses for the study is justified by how often they are needed by
patients in dental practice. From these samples, five groups were considered: Group N, for which the
ceramic layers were sintered according to the manufacturer’s indications (i.e., at 930 ◦C); Group L30,
for which the ceramic layers were sintered at 30 ◦C below the recommended temperature (i.e., at 900 ◦C);
Group L100, for which the ceramic layers were sintered at 100 ◦C under the recommended temperature
(i.e., at 830 ◦C); Group H30, with ceramic layers sintered at 30 ◦C above the recommended temperature
(i.e., at 960 ◦C); Group H50, with ceramic layers sintered at 50 ◦C above the recommended temperature
(i.e., at 980 ◦C). The samples were stored in special boxes, properly marked and prepared for imaging.

Each of these temperature variations were meant to simulate a certain degree of loss of calibration
in the ceramic oven in order to evaluate the possibility of detecting it by using MS/SS-OCT.
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(a) (b) 

(c) (d) 

Figure 1. Aspects from the preparation of the samples: (a) adding the ceramic material on the copings,
before sintering in blue color and larger than the (b) sample after its sintering in the oven (which also
displays a change in color); (c) temperature chart displayed by the dental ceramic oven; (d) several
samples used in this study.

Figure 2 presents a schematic diagram of the SS-OCT imaging system used in the study. As an
optical source, an SS (Axsun Technologies, Billerica, MA, USA), central wavelength 1060 nm, sweeping
range 106 nm (quoted at 10 dB), and 100 kHz line rate is used. The use of an optical source emitting at
around 1060 nm cannot offer a depth penetration as good as at 1300 nm; however, it offers a better
axial resolution, which, in our case, was 10 μm (resolution measured in air by using a mirror as sample
and measuring the Full Width Half Maximum (FWHM) of the A-scan peak). Using the procedure of
measuring sensitivity described in [35], a sensitivity superior to 95 dB was obtained. This determines
the minimum reflectivity measurable within any image.

The interferometer configuration employs two single mode directional couplers, DC1 and DC2.
DC1 has a ratio of 20:80 and DC2 is a balanced splitter, 50:50. DC2 feeds a balance detection receiver
from (Thorlabs, Newton, NJ, USA, model PDB460C), using two photo-detectors, PD1 and PD2 and
a differential amplifier DA. Twenty percent from the SS power is launched towards the object arm
via lens L1 (focal length 15 mm), which collimates the beam towards a pair of galvoscanners XYSH,
(Cambridge Technology, Bedford, MA, USA, model 6115) followed by a scanning lens, L2, (25 mm
focal length), which focuses the light on the sample. The optical fibers used, as well as the lenses
L1 and L2, determine a lateral resolution of ~10 μm. The power to the object O is 2.2 mW. At the
other output of DC1, 80% from the SS power is directed along the reference path via two flat mirrors,
M1 and M2, both placed on a translation stage, TS to adjust the optical path difference (OPD) in the
interferometer. Collimating lenses L3 and L4 are similar to L1. The signal from the differential amplifier,
DA, is sent to one of the two inputs of a dual input digitizer (Alazartech, Quebec, QC, Canada, model
ATS9350, 500 MB/s). The acquired channeled spectra are manipulated via a program implemented
in LabVIEW 2013 (National Instruments Corporation, Austin, TX, USA), 64 bit, deployed on a PC
equipped with an Intel Xeon processing unit (Santa Clara, CA, USA), model E5646 (clock speed
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2.4 GHz, 6 cores). The same program is also used to drive the two galvoscanners via a data acquisition
board (model PCI 6110, National Instruments Corporation, Austin, TX, USA). Each B-scan image
was built of 500 A-scans; hence, with 100 kHz sweeping speed, 10 ms were required to acquire data
for a B-scan (the fast galvoscanner was driven with a triangular wave-form [35]). As a consequence,
500 × 500 channeled spectra to build an entire 3D volume and also deliver the en-face images were
acquired in 5 s. Once the full dataset was acquired, en-face images were produced using the MS
protocol by comparing the signal delivered by the DA with the signal delivered by the DA when a
mirror was used as a sample, for an optical path difference in the interferometer adjusted to zen-face,
i.e., to 0.75 mm.

Figure 2. Schematic diagram of the Master-Slave (MS)/Swept Source (SS)-Optical Coherence
Tomography (OCT) system. SS: swept source; DC1, 20/80 single mode directional coupler;
DC2: 50/50 single mode directional coupler; XYSH: two-dimensional XY lateral scanning head; L1 to
L4: achromatic lenses; O: object to be imaged; PD1, PD2: photo-detectors; DA: differential amplifier;
TS: translation stage.

All samples were subject to imaging after they have completely cooled down. For their
investigations, C-scan/en-face OCT images were obtained from a similar depth in all of the samples.
The control of the depth was made possible by analyzing the B-scan OCT image of each sample.
This depth was chosen at approximately zen-face = 0.375 mm (distance measured in air) from the
position corresponding to an optical path difference (OPD) of 0 mm considered at the top of each
sample in the B-scan image. In all cases, the vestibular surface of the sample was imaged. The system
was switched from either real time en-face (C-scan) imaging regime to cross section (B-scan) imaging
regime, based on its Master Slave procedure.

The lateral size of the en-face images was calibrated (size of the image versus voltage applied
to the galvoscanners XY) using a high resolution test target. The scale bars in Figures 3–5 were thus
x = y = 3.25 mm on each of the two directions considered for en-face images. Along the z-axis (in-depth,
perpendicular on the vestibular surface), the maximum axial range offered by the instrument employed
for the study, measured in air is z = 3.75 mm. By considering an estimative n = 1.5 refractive index for
the inspected material, Duceram Kiss ceramics, for the central wavelength of the SS used, the axial
range along the vertical in Figure 3 becomes z/n = 2.5 mm measured inside the material.
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The outer surface of all the samples was positioned at a similar depth (zsurface) measured from
the plane corresponding to a zero OPD; then, all en-face images were acquired from a similar depth
position (zen-face). This depth of ~0.375 mm was selected in order to provide as good as possible a
reflectivity signal to characterize the granulation in the en-face OCT image acquired from inside the
material. In this way, as the reference and sample optical power levels were kept constant throughout
all measurements, we ensured that changes in the brightness of the images are only due to changes
in the optical properties of the samples. Moreover, by placing the samples as explained before, at a
similar distance from L2, we ensure similar lateral resolutions in all of the en-face images.

An immediate difficulty when the sample presents a curved input surface, for collecting an
en-face image from a fixed depth, as determined by the OPD of the coherence gate applied, is that the
en-face slice does not cut a plane surface, but a curved surface from inside the sample. Therefore, the
interpretation of what is being seen has to consider the curvature of the sample top surface. Therefore,
maintaining the exact depth in all samples of the en-face slices collected is somewhat difficult.

Figure 3 depicts the depth selection where the en-face images are acquired from. They are not
rendered from the volumetric dataset, as performed by conventional OCT technology based on A-scans.
They are generated in real time, directly, using a comparison method of optical spectra at the OCT
interferometer output. We thus demonstrate that a single OCT en-face image, at a suitably selected
depth, can provide all of the necessary information for the evaluation of correct values chosen for the
temperature settings of the oven.

x = 3.25 mm

z = 3.75 

Figure 3. Illustration of the guiding method to choose the depth from where the en-face images are
selected. The depth is changed by changing the spectrum stored (mask), as described in our previous
reports using the MS technology. For all samples, their outer surface at zsurface was adjusted to
correspond to OPD = 0, to insure that the en-face images are acquired from a similar depth of zen-face in
all cases.

In order to better emphasize the effect of the temperature change, once the en-face images are
produced, the 500 horizontal lines on the y-axis in each image were averaged and the result was
displayed as a function of the reflectivity with regard to the position on the x-axis. To quantify the
effect of the change in temperature on the granulation in the en-face images, a simple method was used:
(i) each en-face image was converted into a binary image and processed (the binary image replaces
all pixels in the original gray-scaled image with the value 1 (white) if the gray-scale value is above a
threshold (127 has been used on all our images) and replaces all other pixels with the value 0 (black);
(ii) To quantify the granulation, the features identified in the binary image are counted and their size is
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estimated. This fulfills the aim of this study, different from that of imaging, oriented towards providing
a simple, fast, and practical assessment of deviations of ovens from their best settings. As a remark,
one may consider in such an investigation a bidirectional imaging modality in order to investigate the
sample from both sides [36]. However, for the proposed simplicity of the method developed, we have
made the investigation strictly for the vestibular surface of the sample, as similar results are expected
to be obtained on all the sides of the sintered prostheses; in addition, the depth of the investigation
would not be enhanced by a bidirectional imaging.

3. Results

The investigations revealed specific aspects for each of the groups considered. The acquired OCT
data was evaluated in the en-face imaging plane as well as in the B-scan imaging plane, which was
important in order to control the depth of the investigations, as explained before.

The following aspects were determined for the groups of samples studied:

Group N (ceramic layers of the samples sintered at the temperatures indicated by the
manufacturers, i.e., 930 ◦C): a normal distribution of the reflectivity could be noticed (Figure 4(c1)).
This can also be seen in the MATLAB (Natick, MA, USA) image processed after obtaining a mean value
of the OCT investigation (Figure 4(c2)), obtained from the reflectivity values on the y-axis for each
x-position, as explained in the final part of the previous section. B-scan images of the samples from this
group have not been relevant with regard to the influence of the temperature variations (Figure 4(c3));
neither are A-scans, i.e., reflectivity profiles on the z-axis. In fact, our study has demonstrated that
en-face OCT images, and only them, are capable of performing the proposed assessment.

Group L30 (samples sintered at 30 ◦C below the recommended temperature, i.e., at 900 ◦C):
a decrease of the reflectivity could be seen; an alternation between reflective and less reflective areas (of
band-like shapes) is noticed (Figure 4(b1)). These findings could be easily processed and highlighted
on images that were processed using MATLAB (Figure 4(b2)).

Group L100 (samples sintered at 100 ◦C below the recommended temperature, i.e., at 830 ◦C): the
en-face OCT image of the investigation revealed a significant decrease of the reflectivity (Figure 4(a1)).
The alternation between the reflective and less reflective bands is still visible in the image. However,
the non-reflective area spreads much more in comparison with the more reflective area (Figure 4(a2)).
A further degradation, in comparison with Group L30, can thus be concluded.

Group H30 (samples sintered 30 ◦C above the recommended temperature, i.e., at 960 ◦C):
an overall increase of the reflectivity was noticed by comparing the mean value in the normal
sample, Group N (Figure 5(a2)) with the mean value corresponding to the Group H30 (Figure 5(b2)).
The alternation between the reflective and non-reflective areas disappears and a normal granular
dispersion is identified (Figure 5(b2)).

Group H50 (samples sintered 50 ◦C above the recommended temperature, i.e., at 980 ◦C): fractures
in the ceramic material can be identified in both the en-face (Figure 5(c1)) and B-scan (Figure 5(c3))
images. The general aspect of the en-face images also shows a significant gradient with an increasing
slope in reflectivity (Figure 5(c2)). An important aspect should be pointed out by inspecting the
images for Group H30: an approximately 40% increase in the reflectivity (concluded from the images
processed in MATLAB, by comparing Group N and Group H30, i.e., Figure 5(a2,b2) have pointed
out to a temperature increase of 30 ◦C inside the oven. Continuing to increase the temperature even
more could result in thermal stress that leads to air accumulation inside the ceramic layer or even to
fractures at those levels (see the defect D, Figure 5(c1)).
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(b1) (c1)(a1) 

Figure 4. OCT images for the samples obtained at lower than normal temperature in comparison with
samples at normal temperature: column (a): Group L100; column (b): Group L30; column (c): Group N.
Top row: en-face OCT images of samples of Group L100 (a1), Group L30 (b1), and Group N (c1). Middle
row, (a2–c2): reflectivity average of the 500 horizontal lines making the images shown in the top row.
Bottom row, (a3–c3): B-scans OCT images corresponding to the three groups. The yellow lines indicate
the depth position from where the en-face images were rendered (measured from the zero OPD).
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D 

(b1) (c1)(a1) 

Figure 5. OCT images for the samples obtained at higher than normal temperature in comparison
with samples at normal temperature: column (a): Group N; column (b): Group H30; column (c):
Group H50. Top row: en-face OCT images of samples of Group N (a1), Group H30 (b1) and Group H50
(c1). Middle row, (a2–c2): reflectivity average of the 500 horizontal lines in the images shown in the top
row. Bottom row, (a3–c3): B-scans OCT images corresponding to the three groups. The yellow lines
indicate the position where the en-face images were rendered from (measured from the zero OPD).

4. Discussion

Observations correlate well with the typical features characterizing the sintering process.
Such processes are commonly divided into three stages [37]. In an initial first stage, a network
of particles starts to form, marked by neck formation. The individual powder particles are still
distinguishable. In this stage, the relative density of the material increases by roughly 3%.

Most of the densification, as well as the most significant micro-structural changes, occur in what
is termed as the intermediate, second stage, where voids form continuously pore channels along
three-grain junctions. The pore channels are formed when the individual powder grains become
well-bonded during the initial stage. After that, the pore channels tend to shrink due to the diffusion
of the atomic vacancies away from them; however, the grain growth occurring at the same time leads
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to a reduction in the total number of pores and tends to increase their average diameter and length as
a consequence of coalescence.

The process continues until the network of pores undergoes the so-called Rayleigh breakup [37,38],
first into progressively fewer interconnected elongated pores on the grain edges and finally into isolated
pores at the grain corners; at this point, the final, third stage of sintering begins. When the density
of a material exceeds 90–94% of the final (theoretical) density, the isolated pores are formed and
the densification is slowed down. These can be seen in Figure 4(a1,b1) for Groups L100 and L30,
respectively, as the grain density is less than in Figure 4(c1), where the material has been brought
to its final, prescribed temperature, for Group N. In the former figures, the process was interrupted,
while, in the latter, it has been completed, and a uniform distribution of grains was achieved; this
is demonstrated by a more uniform reflectivity in Figure 4(c2) in comparison to the non-uniform
reflectivity in Figure 4(a2,b2).

In this third stage of sintering, the isolated pores are eliminated by the transport of mass from the
grain boundary to the pore. The densification is pinned by pores and a considerable amount of energy
is necessary for further densification. In this stage, the grain growth dominates the sintering process.
Therefore, as the temperature is increased above the value prescribed by the manufacturer, as for
Groups H30 and H50, the growth of the grains induces mechanic stress inside the material. The worst
results are cracks, as seen in Figure 5(c1)—obtained for the highest temperature used for sintering
(Group H50). Even for temperatures in the oven that are not so dramatically different from the normal
temperature prescribed, a further increase of the grains in size results in a noticeable increase in the
reflectivity in the en-face image in Figure 5(b2) for Group H30.

In terms of granular dispersion, the en-face images were processed further in MATLAB. The result
is Figure 6, which is obtained after removing the noise, so after the image is converted into a binary
one; in contrast, the graphs in Figures 4 and 5 have been obtained using raw data. The results confirm
the reflectivity increase, which is a consequence of the significant increase in the granulation from
Group L100 (sintered at 830 ◦C) towards Group N (sintered at 930 ◦C, the normal temperature) and
Group H50 (sintered at 960 ◦C). The number of peaks in each plot (Figure 6), as well as their amplitude
increase indicates an increase in both the number of the grains in each en-face image and in their
size, respectively.

Figure 6. Average of 500 horizontal lines of the en-face images, corresponding to sintering temperatures
of (a) 830 ◦C (Group L100); (b) 930 ◦C (Group N) and (c) 960 ◦C (Group H50), i.e., the normal and the
extreme temperature considered. The number of peaks in each plot indicates the number of “bright
particles”, while their amplitude indicates their size.
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Rules-of-thumb can be extracted from these results, in order to allow for the monitoring of the
temperature inside the ceramic oven by OCT imaging of the prostheses sintered:

(i) A relative uniform reflectivity characterizes the recommended temperature of the oven (Group N,
Figure 4(c2)).

(ii) The normal temperature regime is also correlated with the good uniformity of the grains, which
have been fully developed in this case (Figures 4(c1) and 6b).

(iii) A non-uniform reflectivity without a clear pattern (i.e., with ups and downs) characterizes an
oven temperature lower than normal (Figure 4(a2,b2)).

(iv) The lower the oven temperature, the lower the values that the reflectivity reaches, according to
Figure 4(a2) in comparison with Figure 4(b2); a similar trend can be seen as well in Figure 6a in
comparison with Figure 6b.

(v) The aspects in the two points above can also be seen directly from the en-face image
(Figure 4(a1,b1)), although such an evaluation is less certain, because higher temperatures of the
oven may also produce such non-uniformity. Such non-uniformities of the grain distribution
(and thus of the reflectivity) for lower temperatures, proportional to the deviation of temperature
from normal is correlated with the incomplete development of the grains, as discussed above for
the sintering process.

(vi) A global increase in the reflectivity characterizes samples sintered at oven temperatures higher
than normal, as shown in Figures 5(b2) and 6c.

(vii) Too high temperatures can also be concluded by comparing an en-face image as the one in
Figure 5(b1) with an en-face image as the one shown in Figure 5(a1). This aspect is correlated with
the excessive growth of the grains in the sintering process, as it can be seen from the difference in
peak amplitudes in Figure 6c in comparison with Figure 6b.

(viii) A deviation of the oven temperature to even higher values with regard to the prescribed one
(as for Group H50) can also be characterized by a positive and constant slope of the reflectivity
(Figure 5(c2)).

(ix) The previous aspect is also the easier and most direct to see on an en-face image (Figure 5(c1)), as
it produces significant defects (D) that lead to cracks in short periods of time.

(x) One should not wait for such totally undesired effects to occur. Instead, a re-calibration should
be performed immediately as the reflectivity extracted from the en-face image increases. Such an
increase, of approximately 40%, already corresponds to a 30 ◦C higher temperature in the oven
with regard to normal, as it was concluded in Figure 5(b2) from the en-face image in Figure 5(b1).

It should be appreciated that oven temperatures higher than normal are more dangerous for the
outcome of the prostheses than oven temperatures that are lower than the normal value. This can be
clearly seen from the fact that samples sintered at 50 ◦C over the normal oven temperature exhibited
defects (D, Figure 5(c1)), while samples sintered at oven temperatures with even 100 ◦C below normal
displayed no such defects (Figure 4(a1)).

However, this lack of defects at oven temperatures lower than normal must not be taken lightly or
less serious than the loss of calibrations towards oven temperatures that are higher than normal. In the
former case, ceramics are not burned properly, the sintering process is incomplete, and therefore the
mechanical (and also the esthetic) properties of the prostheses would also be affected, as is well known.

A general overview of the concluded properties of the five groups of samples is made in Table 1.
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Table 1. Characteristics of the sintered prostheses, as concluded from the Optical Coherence
Tomography (OCT) investigations.

Group Characteristics Group L100 Group L30 Group N Group H30 Group H50

Grain distribution— from
the en-face OCT images
(Figure 4(a1,b1,c1) as well
as Figure 5(a1,b1,c1)

Insufficient number
of grains—
Figure 4(a1)

Lower-than-normal
number of grains—
Figure 4(b1)

Normal (as prescribed
by the manufacturer)—
Figures 4(c1) and 5(a1)

Higher-than-normal
number of grains—
Figure 5(b1)

The stresses in the
material have produced
cracks— see defect D,
Figure 5(a1)

Reflectivity profile-as
obtained from raw data
(Figure 4(a2,b2,c2) as well
as Figure 5(a2,b2,c2)

Level lower than
normal—
Figure 4(a2)

Level close to
normal, but with
supplemental
irregularities—
Figure 5 (b2)

Normal level (can be
considered as a reference
for further monitoring)—
Figures 4(c2) and 5(a2)

Level higher than
normal, with
supplemental
irregularities—
Figure 5(b2)

With a gradient
tendency— Figure 5(c2)

Defects
No visible defects (Figure 4(a1,b1)),
but the material has low mechanical
(and esthetic) properties

No defects—
Figures 4(c1) and 5(a1)

Possible cracks (high
stress in the material)

Cracks are
present—defect D,
Figure 5(a1)

Number and size of the
grains— in each en-face
image (Figure 6)

Insufficient number
of (too) small grains—
Figure 6a

- Average/normal—
Figure 6b - Large number of (too)

big grains—Figure 6c

5. Conclusions

This study demonstrates the capability of MS/SS-OCT to achieve a simple, fast, and non-invasive
monitoring of the temperature inside the ceramic ovens used to obtain metal ceramic dental prostheses.
On an every-day basis, the dental technician can regularly evaluate by OCT the ceramic layer at a
certain depth inside the material, here ~0.375 mm used. The entire evaluation is based on an inspection
of C-scan/en-face images only. Similar interpretation as suggested here could be based on using B-scans
as well; however, the en-face mode is the most illustrative of patterns. The B-scan images have only
used the purpose to secure en-face display from similar depths in all samples. Using the reflectivity
profiles deduced from the en-face images, it was concluded, for example, that a variation of more than
40% in the reflectivity of the material in comparison to the level of samples sintered at the prescribed
oven temperature should trigger an immediate temperature re-calibration of the oven. An even further
increase of the temperature can result in cracks in the material, as demonstrated in our study.

The study may be further refined by evaluating local variance or higher order moments in the
reflectivity graphs. However, in the present study, the aim was to provide the practitioners with the
simplest possible method to enable them to decide if calibration is needed.

Possible rules-of-thumb were discussed that may allow for monitoring of the sintering process.
The procedure suggested, if followed, can prevent thermal stress (for higher than normal temperatures
in the oven) or incomplete sintering (for lower than normal temperatures in the oven). Otherwise,
incorrect temperature used leads to materials defects and then to fractures inside the ceramic layers of
the prostheses manufactured and inserted in the oral cavity.
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Abstract: In spectral domain optical coherence tomography (SD-OCT), any transverse motion
component of a detected obliquely moving sample results in a nonlinear relationship between the
Doppler phase shift and the axial sample velocity restricting phase-resolved Doppler OCT (PR-DOCT).
The size of the deviation from the linear relation depends on the amount of the transverse velocity
component, given by the Doppler angle, and the height of the absolute sample velocity. Especially
for very small Doppler angles between the horizontal and flow direction, and high flow velocities,
the detected Doppler phase shift approaches a limiting value, making an unambiguous measurement
of the axial sample velocity by PR-DOCT impossible. To circumvent this limitation, we propose
a new method for resonant Doppler flow quantification in spectral domain OCT, where the scanner
movement velocity is matched with the transverse velocity component of the sample motion similar
to a tracking shot, where the camera is moved with respect to the sample. Consequently, the influence
of the transverse velocity component of the tracked moving particles on the Doppler phase shift is
negligible and the linear relation between the phase shift and the axial velocity component can be
considered for flow velocity calculations. The proposed method is verified using flow phantoms on
the basis of 1% Intralipid solution and diluted human blood.

Keywords: optical coherence tomography; phase-resolved Doppler analysis; flow measurement;
oblique sample motion; non-invasive imaging technique; random scattering sample

1. Introduction

Optical coherence tomography (OCT) is a high resolution non-invasive optical imaging modality,
which is based on low-coherence interferometry for detecting depth-resolved 2D- and 3D-images of
highly scattering semi-transparent samples, e.g., biological tissue [1]. The method uses near-infrared
short-coherent light, which is separated within a fiber-coupled or free-space interferometer, to compare
the backscattering light from different depth positions within the sample with the reflected light of the
reference mirror. Particularly in the early development of the method, the intensity of the interference
signal was continuously detected by varying the length of the reference arm to obtain the backscattering
light as a function of depth (time domain OCT, TD-OCT). In contrast, the interference signal can be
detected in dependence on of the spectral components of the broad band light source (frequency
domain OCT, FD-OCT) by a spectrometer configuration (spectral domain OCT, SD-OCT) [2–4] or
a wavelength-swept source (swept source OCT, SS-OCT) [5,6]. With the emergence of fast line detectors
and commercially available stable wavelength-tunable light sources, SD-OCT and SS-OCT became

Appl. Sci. 2017, 7, 382 189 www.mdpi.com/journal/applsci



Appl. Sci. 2017, 7, 382

more attractive, since the entire depth information is simultaneously acquired, without any moving
reference mirror.

OCT is generally predestined for morphological imaging of biological tissue due to the
reconstruction of cross-sectional images (B-scan) and 3D volumetric visualization on the basis of the
multiple detected depth scans (so called A-scans in analogy to ultrasound imaging) of the investigated
sample. However, functional imaging has become increasingly attractive for the investigation of
tissue dynamics and physiology [7–9]. This is because the backscattered light not only provides
information on the depth-dependent amplitude and phase, but also on physical quantities such as
the polarization and the optical frequency shift, which are progressively used for functional tissue
imaging. An important enhancement is Doppler OCT (DOCT) for blood flow measurements [10,11].
Most of the proposed Doppler approaches are based on the phase shift between subsequently detected
OCT signals, which is widely referred to as phase-resolved Doppler OCT (PR-DOCT) [12–14]. For the
commonly used spectrometer-based OCT systems, PR-DOCT is still limited by a minimum and
ambiguous maximum flow velocity, by interference fringe blurring, due to fast axially moving samples
and by a nonlinear relation between the Doppler phase shift and the axial sample velocity for the
case of an obliquely moving sample. To increase the dynamic velocity range with high flexibility,
Grulkowski et al. have presented adaptive scanning protocols for DOCT, while preserving a high
imaging speed [15]. In this work, the Doppler frequency shift related to the phase shift [16] is calculated
between consecutive B-scans or segments, instead of subsequent A-scans as has conventionally been
employed, resulting in the benefit of mapping low and high flow. To overcome the interference fringe
washout for high axial displacement during the A-scan detection time, resonant Doppler imaging was
pioneered by Bachmann et al. [17]. This approach uses a moving reference mirror for phase matching
the OCT signal by an additional axial reference velocity, to obtain flow-based contrast enhancements
of the blood vessels in the OCT images [17,18]. With regard to the nonlinear relationship between the
phase shift and axial velocity for an oblique sample movement in SD-OCT [19–21], the discrepancy
of the assumed linear relation is dramatic in the case of a highly transverse velocity component.
Moreover, the measured phase shift always predicts a smaller absolute flow velocity than actually
exists. Besides this, the correlation between adjacent A-scans primarily disappears for high transverse
velocity components, resulting in a high mean error of the Doppler phase shift [20]. To overcome
these limitations for the case of a small Doppler angle between the horizontal direction and the
sample velocity, and thereby a highly dominant transverse velocity component, the present approach
proposes the matching of the 2D-scanner in the sample arm to the transverse velocity component
of the sample motion, comparable to a tracking shot where the camera moves alongside the object
to be detected. Consequently, the backscattering signals of the matched oblique sample movement
will be highly correlated, whereas those of static sample structures and slowly moving scatterers
will be less correlated and damped, depending on the scanner velocity. The method of the so-called
lateral resonant Doppler OCT (LR-DOCT) is validated by means of in vitro flow phantom studies with
diluted Intralipid and human blood.

2. Phase-Resolved Doppler Model in SD-OCT

2.1. The Relation Between the Doppler Phase Shift and Axial Sample Velocity

The starting point of the phase-resolved Doppler OCT (PR-DOCT) in SD-OCT is the single
complex depth scan Γj(z) resulting from the Fourier transform of the detected spectrally shaped
interference signal Ij(k,z). This A-scan with index j comprises the amplitude A(z) and the random phase
ϕ(z) information of the backscattered light from different depth positions z of the volume scattering
sample, as shown by Equation (1):

FT
{

Ij(k, z)
}
= Γj(z) = Aj(z)e

iϕj(z) (1)
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Here, the amplitude enables the structural imaging, while the phase of a scattering sample relates to a
random fluctuation term. Since an axial sample movement between consecutive A-scans separated by
the period TA-scan causes a Doppler frequency shift, and with this a phase shift Δϕ(z) of the interference
spectrum, the phase information can be used for the measurement of the axial sample velocity vz(z), in
consideration of the center wavelength λ0, the refractive index n of the sample, and the time TA-scan

needed for one A-scan relating to the sum of the integration time TInt of the line detector of the
spectrometer and the detector dead time ΔT due to a possible operating shutter control [21].

vz(z) =
Δz

TA-scan
=

Δϕ(z)λ0

4πnTA-scan
with Δz = vz·TA-scan and TA-scan = TInt + ΔT (2)

The bias-free Doppler phase shift Δϕ(z) is calculated by the multiplication of the complex Fourier
coefficient of one A-scan Γj+1(z) and the previous conjugate complex measurement Γj

*(z) [20,22], where
the resulting complex data contains the Doppler phase shift Δϕ(z) as the argument:

Γres(z) = Γj+1(z)·Γ∗
j (z) = Aj+1(z)Aj(z)e

i[ϕj+1(z)−ϕj(z)] (3)

Since the noise of the Doppler phase shift increases with the amount of transverse displacement in
the case of an oblique sample motion [19,20], low signal-to-noise ratio (SNR) [16], and detector dead
time [21], the amplitude weighted averaging by Equation (4) is recommended.

Δϕ(z) = arg

{
1
K

K

∑
j=1

[
Γj+1(z) · ΔΓ∗

j (z)
]}

(4)

The discrepancy of the relationship of Δϕ(z) and vz(z) for any oblique sample motion detected with
spectrometer-based OCT systems has been theoretically described in detail in previous studies [19–21].
To summarize the general description of the Doppler phase shift Δϕ independent of the OCT system
parameters, dimensionless coordinates are used as follows:

δz =
2nΔz
λ0

, δx =
Δx
w0

, t′ =
t

TA-scan
(5)

where w0 corresponds to the width of the Gaussian sample beam (FWHM) of the OCT system. Since the
dependence of Δϕ on δz and δx cannot be calculated in an analytical way [19–21], the numerical result
is given by a universal contour plot, where Δϕ is drawn in steps of π/6 for δz and δx ranging from
zero to four. Additionally, Δϕ is limited to its principle value between 0 and 2π, for which reason
phase shifts exceeding 2π are simply wrapped.

For the case of no detector dead time ΔT/TA-scan = 0, the numerically determined Δϕ is shown
by the contour plot in Figure 1a [20]. By considering a partial duty cycle [21] with ΔT/TA-scan = 0.05,
as for the system used in this study, Δϕ as a function of δx and δz is changed as presented in Figure 1b.
The phase shift Δϕ arisen from an obliquely moving sample with the Doppler angle ϑ, between the
x-direction and the sample velocity, corresponds to a linear slope through the origin δx = δz = 0, as
exemplarily shown by the central dashed line. The angle ϑ′ in Figure 1, defined as the angle against
the horizontal, may not equate with the real world angle ϑ of the experimental setup:

tan ϑ′ =
2nw0

λ0
tan ϑ (6)
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Figure 1. Contour plots of the numerically calculated phase shift Δϕ between consecutive A-scans as a
function of the normalized transverse δx and axial δz displacement of the oblique sample motion [20,21]
for detector dead times ΔT/TA-scan of (a) 0.0 and (b) 0.05. The central dashed line with ϑ′ of 29◦

corresponds to the expected phase shift of the 1% Intralipid flow experiment presented in Section 4.
Additional shifted dashed lines with ϑ′ of 29◦ are given for the LR-scanning explained in Section 2.2.

2.2. The Impact of Lateral Resonant Scanning on PR-DOCT

Since the phase-resolved Doppler measurements in SD-OCT are limited for strong transverse
components and high sample velocities, the transverse tracking of the obliquely moving sample
is proposed in this research and defined as lateral resonant scanning. With this, the impact of the
transverse motion component on the Doppler phase shift can be theoretically reduced. For a better
comprehension of the subsequent experimental results, a simple geometric model is defined on the
basis of Figure 2 for the Doppler measurement in SD-OCT. As shown, a Gaussian sample beam and
an oblique sample motion with an arbitrary Doppler angle ϑ are assumed. In this case, a group
of scattering particles is supposed to be seen at the end of the detection intervals, [T1, T1 + TInt],
[T2, T2 + TInt], and [T3, T3 + TInt], of three consecutive A-scans, where the respective position of
the particles is shown by three blue distances and labeled with I, II, and III. Three cases of Doppler
measurement performance are drawn in Figure 2: (a) with a static sample beam, resulting in a
conventional M-scan (time-resolved A-scan); (b) with a laterally moving sample beam in the direction
of the sample movement, resulting in a so-called forward lateral scan (FL-scan); and (c) with lateral
scanning in the opposite direction, so-called backward lateral scan (BL-scan). Case (a) corresponds to
the common phase-resolved Doppler measurement without imaging, where the sample beam of the
OCT system is static to guarantee the highest phase correlation between adjacent A-scans. Due to the
limited Gaussian sample beam, the group of particles seen in the time interval [T1, T1 + TInt] are only
partly detectable in the subsequent time interval [T2, T2 + TInt] (shown by the red dotted lines), for
which reason the measured axial displacement Δzd and Δϕ are reduced, especially for small Doppler
angles and large transverse displacements [19–21].

Case (b) shows the lateral scanning towards the sample movement, where the sample beam in
gray represents the position at T1 + TInt and the one drawn in green shows the position at T2 + TInt.
Since the scanner velocity is matched to the transverse velocity of the moving sample, the group
of particles detected at time point T1 + TInt is tracked over the entire A-scan time TA-scan, until
T2 + TInt. For a temporally invariable sample, the detected movement is purely axial, for which
the Δϕ-vz-relation will be linear and the absolute sample velocity can be linearly calculated (cp.
Equation (2)). For case (c) of the backward scanning, no phase correlation seems to exist, because the
scattering particles detected at T1 + TInt within the gray sample beam are not detectable at T2 + TInt

within the green one. Due to the continuous movement of the scanner and the gradual movement
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of the scattering particles out of the scanning sample beam within TA-scan, a strongly reduced phase
correlation exists, leading to a strongly reduced Δz and a significantly decreased Δϕ.

 

Figure 2. Schematic of the obliquely moving scattering sample relative to (a) a static Gaussian sample
beam, (b) a forward lateral, and (c) a backward lateral scanning beam. (a) Due to the limited width of the
incident Gaussian sample beam and the transverse motion component, the detected axial displacement
Δz is reduced to Δzd. (b) If the lateral scanning speed is matched with the transverse velocity of the
obliquely moving scatterers, the sample movement is detected as purely axial displacement during
TA-scan. (c) If the sample beam scanning is opposite to the sample movement, the phase correlation is
strongly reduced, for which Δz is measured significantly lower.

Considering the contour plots in Figure 1 describing the Doppler phase shift in dependence on
the normalized axial δz and transverse δx displacement, a lateral resonant scanning relative to the
transverse component of the oblique sample movement results in a negative offset in the δx-direction
of the linear slope, describing the phase shift. Knowing the Doppler angle ϑ from 2D or 3D scans,
the absolute sample velocity can be calculated by the linear Δϕ-vz-relation in Equation (2). Finally,
the question of whether LR-DOCT is practicable for moving volume scatterers arises. The challenge
for flowing emulsions and suspensions with scattering structures for the near-infrared wavelength
range is the temporal variability of the particle position within flow channels or blood vessels, which
hampers the particle tracking and LR-DOCT. The experimental validation of this question is the subject
of the presented research study.

3. Material and Methods

3.1. OCT System Setup and In Vitro Flow Phantom

In the present study, the 1250 nm wavelength band of the dualband spectral domain OCT system
of our workgroup is used [23]. This system contains a commercially available supercontinuum laser
light source (SuperK Versa Super Continuum Source, Koheras A/S, Birkerød, Denmark), where the
wavelength band with a center wavelength λ0 of 1250 nm has a spectral width Δλ of 200 nm and
an axial resolution of 5.3 μm in air. The system comes with a 3D-scanner, whose Gaussian sample
beam has a theoretically calculated width of w0 = 9.3 μm in the focal plane and a Rayleigh length
of about 200 μm. The scanning unit for 2D-beam deflection at the sample surface is realized by two
galvanometer scanners (cp. Figure 3). The system allows 3D-imaging with an A-scan rate of up
to 47 kHz. For high backscattering signals with a strong signal-to-noise ratio (SNR) of the sample,
the A-scan rate is set to f A-scan = 12 kHz for the flow measurement. The control of the system, the data
acquisition and the processing is realized by means of a personal computer and custom software
developed with LabVIEW® (National Instruments, Inc., Austin, TX, USA).

LR-DOCT is experimentally validated by a flow phantom consisting of a flow-controlled infusion
pump, a glass capillary with a 312 μm inner diameter, and a tubing system to connect both components.
The pumped fluids are a 1% Intralipid emulsion as an established flow phantom model for OCT with
well-known flow characteristics, and diluted human blood. Here, the fresh human blood of a young
healthy volunteer was extracorporeally stabilized with anticoagulant citrate dextrose solution (ACD-A)
and diluted with a solution of 6% dextrose and 0.9% sodium chloride in distillated water with a ratio of
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1:2, resulting in a hematocrit of ~15%. Despite the enhanced penetration depth into the blood vessels
due to the low absorption of hemoglobin and the reduced scattering in the 1250 nm wavelength band,
only the dilution enables the lateral resonant flow measurement over the entire capillary lumen of
312 μm, which is comparable to the inner blood vessel diameter of the in vivo mouse model used
in our cooperative research [24–26]. To avoid sedimentation of the solid blood components and to
guarantee a homogenous dispersion of erythrocytes within the capillary, a drop distance was installed
within the tubing system in front of the capillary entry, in accordance with the schematic drawing in
Figure 3. For the 1% Intralipid sample, the flow rate is set to 9.5 mL/h, corresponding to a peak center
velocity of about 69 mm/s, and for the diluted human blood, the chosen flow rate is 8 mL/h, resulting
in a center flow velocity of about 62 mm/s, which conforms well to the maximum flow velocity of the
saphenous artery of an anesthetized mouse during the systole prevalent in our research project [24].
For the analysis of the velocity values, a parabolic flow profile was assumed because the capillary had
a length of 80 mm, the inlet path was considered, and the Reynolds number was less than ten for both
samples. The Doppler angle ϑ of 1.7◦ was measured by taking a volume scan with the 3D-scanner.

 

Figure 3. Dualband SD-OCT system, where the long wavelength band centered at 1250 nm with a full
spectral width of 200 nm is used with a fiber-coupled customized scanning unit. Abbreviations: SMF:
single mode fiber, C: collimator, BS: beam splitter, DC: dichroic mirror, ϑ: Doppler angle. The flow
phantom consists of a 312 μm glass capillary connected to an infusion pump by a tubing system and
filled with 1% Intralipid and diluted fresh human blood, respectively.

3.2. Bi-Directional Lateral Scanning Protocol and Image Correction for Doppler Analysis

The two galvanometer scanners integrated in the scanning unit are controlled by custom
developed software based on LabVIEW® (National Instruments, Inc., Austin, TX, USA), with
which arbitrary 2D-scanning patterns along the sample surface are realizable. Conventionally, the
orthogonally driven X- and Y-galvanometer scanners are controlled for 2D-beam deflection, to allow
3D-imaging. The corresponding scanning protocol can be found in Figure 4a, where B-scans consisting
of an arbitrary number of A-scans are detected by the lateral fast scanning Y-scanner and are spatially
separated by the X-scanner. The resulting orthogonally running cross section and longitudinal section
of the exemplary glass capillary with flowing 1% Intralipid are presented in Figure 4b.

The modified scan protocol for LR-DOCT is shown in Figure 4d. The first of the three B-scans with
the stationary Y-scanner is an M-scan, and within the second B-scan, the X-scanner is driven along the
moving direction of the sample (forward lateral scan, FL-scan). The third B-scan implies the reversely
driven X-scanner (backward lateral scan, BL-scan). The resulting M- and lateral resonant B-mode
images, each consisting of 512 A-scans, detected close to the capillary center with f A-scan = 12 kHz and
a detector dead time ΔT/TA-scan of 0.05, are presented in Figure 4e. For the FL-scan, the X-scanner was
lateral resonantly driven to the flowing oil particles of the 1% Intralipid emulsion at the capillary center.
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Figure 4. Conventional (a) and bi-directional lateral (d) scanning protocol of the X- and Y-galvanometer
scanners. (b) Cross section and longitudinal section of the Intralipid-filled glass capillary generated
from the detected 3D-scan. (c) Schematic of the imaged glass capillary in respect to the defined
coordinate system. (e) Resulting M-scan and B-scans (forward and backward lateral scan: FL- and
BL-scan) due to the modified scanning protocol for LR-DOCT.

The result of the Doppler analysis by Equation (3) is presented in Figure 5a for the FL-scan of
the glass capillary with flowing 1% Intralipid. The calculated Doppler phase shifts are overlaid to
the structural information. As the obliquely running direction of the sample hampers the averaging
of phase shifts in x-direction, consecutive A-scans are shifted in the z-direction by introducing a
k-dependent phase shift. This correction is demonstrated in Figure 5b, using the example of the
FL-scan. In analogy to the first shift theorem of the Fourier transform, an additional phase ϕshifted(k,j)
is inserted into the real-valued interferometric signal Ij(k,z), as shown in Equation (7). According to
Equation (8), the fractional shift of each interference spectrum of the lateral resonant scan corresponds
to the tangent of the Doppler angle ϑ, where N is the number of points of the Fourier transformation
(FT). With this, the originally obliquely running direction of the capillary, and consequently, the
Doppler phase shift due to the fast laterally moving X-scanner across the oblique surface of the glass
capillary, are eliminated.

Ishifted,j(k, z) = Ij(k, z)eiϕshifted(k,j) (7)

ϕshifted(k, j) =
2nkj

N
tan ϑ (8)

Further processing is identical to the conventional OCT and Doppler OCT processing: a Fourier
transform is applied to Ishifted,j(k,z) in accordance with Equation (1) and the Doppler phase shift Δϕ is
calculated by multiplying a complex A-scan with the conjugate complex one (cp. Equation (3)).

Figure 5. (a) Conventional processing of the detected interferometric signals for structural and Doppler
flow imaging on the example of the FL-scan of the 1% Intralipid flow within the glass capillary.
(b) Correction of the obliquely running direction of the glass capillary by insertion of an additional
phase term ϕshifted(k,j) to the real-valued interference signal and subsequent conventional processing.
Note the tilted signal from zero delay at the top.
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4. Experimental Results

4.1. LR-DOCT with 1% Intralipid Flow

In order to validate LR-DOCT for moving volume scatterers, Doppler flow experiments are
performed by means of a 1% Intralipid emulsion flowing through a glass capillary, as described
in Section 3.1. The Doppler angle is 1.7◦ and the maximum flow velocity at the capillary center is
estimated to be 69 mm/s. Thus, the transverse displacement δx of the flowing oil particles of the
Intralipid emulsion amounts to 0.6 for the case of the detected M-scan, which strongly reduces the
phase correlation [20,21,27].

Figure 6 presents the processed flow-relevant parts of the grayscale structural (a) and the Doppler
flow images (b) of the detected M-scan, the forward lateral (FL) and the backward lateral (BL) B-scans
differing in the speckle pattern, and the resulting Doppler phase shift. The number of analyzed A-scans
is chosen to be 512. As expected, highly correlated speckle appears at the capillary border for the
M-scan due to the small flow velocity in this area. For the FL-scan, the X-galvanometer scanner velocity
is set to 69 mm/s, which corresponds to the transverse velocity component of the Intralipid flow at the
capillary center. In this case, the correlation at the border area gets lost, whereas a high correlation
occurs at a wide range of the capillary lumen identified by the elongated speckle pattern. In contrast,
the speckle seems to be uncorrelated for the case of the BL-scan, where the X-scanner is moved in the
opposite direction at 69 mm/s.

 

Figure 6. (a) Grayscale structural SD-OCT images of the M-scan, the forward (FL-scan) and
backward lateral Doppler scan (BL-scan) of the 1% Intralipid flow through a 312 μm glass capillary.
(b) Corresponding phase-resolved Doppler flow images for the measured Doppler angle ϑ of 1.7◦.
(c) Colored correlation images representing the correlation quotient CQ in accordance to [20,21].
(d) Standard deviation σΔϕ of the mean Doppler phase shift of 512 single A-scans overlaid to the
structural images.

The visual assessment of the Doppler images in Figure 6b suggests a high noise of the Doppler
phase shift at the capillary center in the M-scan, at the capillary border in the FL-scan, and over the
entire capillary lumen in the BL-scan, which is caused by the reduced correlation of adjacent A-scans.
As predicted in Section 2.2, the phase-sensitive image of the BL-scan visually shows the highest noise
of the Doppler phase shift. For the quantification of the phase correlation, the correlation quotient
CQ, defined in former research [20,21], is calculated as a function of z and is overlaid in color on the
structural images, as presented in Figure 6c. CQ is shown in red for the highest correlation between
consecutive A-scans. The results of CQ prove the suggestions made by the observed speckle patterns
in Figure 6a and the estimated phase shift noise in Figure 6b. Additionally, the standard deviation of
the mean Doppler phase shift is given in Figure 6d. As described in previous studies [20,21,27], the
distribution of Δϕ cannot be worse than isotropic in the original interval of [−π, π], resulting in an
upper limit of π/

√
3, as shown by the red color of the σΔϕ scale bar. By means of the colored structural

information for visualizing Δϕ, CQ, and σΔϕ, the possibility to laterally track the flowing oil particles
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with a simultaneous decrease of the phase shift noise for small Doppler angles and high flow velocities,
becomes apparent.

For quantitative analysis, the averaged phase shift of 512 single measurement points is calculated,
as described in Equation (4) and presented in Figure 7a. The measured Δϕ of the M-scan shown by the
blue points does not display a quadratic profile, verified by the fitted power law with an exponent of
2.4. The Doppler phase shift at the capillary center is measured to be 1.9 rad, which conforms well to
the estimation by means of the contour plot in Figure 1b and the transformed Doppler angle ϑ′ of 29◦.
The result of the forward lateral scan (FL-scan) presented by the red points conforms to a quadratic
parabolic profile, with the expected maximum velocity of 69 mm/s at the capillary center. In spite
of the increased phase noise at the upper and lower capillary borders, the Doppler phase shift of the
tracked Intralipid particles is not limited, and consequently, is truly measured by the linear relation
between Δϕ and vz referred to in Equation (2). The non-resonant imaging at the border of the capillary
has no influence on the shape. For the backward lateral scan, the flow profile seems to be a flattened
plug profile with a fitted exponent of the power law of 2.6. Despite the strongly increased phase noise
σΔϕ, an erroneous mean velocity profile is measurable from 512 single complex A-scans.

Figure 7. (a) Calculated and fitted flow profiles of the flowing 1% Intralipid as a function of the radial
position r inside the 312 μm capillary for the M-scan (blue points), the forward (FL-scan, red points)
and backward lateral scan (BL-scan, green points). Additionally, the correlation quotient CQ (b) and the
standard deviation σΔϕ (c) are shown versus r for the detected M-scan, the FL-scan and the BL-scan.

The correlation quotient CQ and the standard deviation σΔϕ against the radial position r inside
the capillary in Figure 7b,c, show what can be visually expected from Figure 6c,d. For the M-scan
(blue points), the backscattering signals of the Intralipid scatterers at the capillary border are highly
correlated and show a small standard deviation of σΔϕ = 0.4 rad, in comparison to the capillary center
with a reduced correlation of CQ = 0.73 and a phase shift noise of σΔϕ = 1.15 rad. For the forward
lateral scan (red points), the correlation at the capillary center is strongly increased to CQ = 0.97 and
the phase noise of the fast moving particles is highly reduced to σΔϕ = 0.4 rad compared to the M-scan.
The experimentally measured CQ in Figure 7b shows that the maximum correlation of one is not
achieved, possibly because of the Brownian motion of the Intralipid. However, it is evident that the
velocity of the X-galvanometer scanner is matched very well to the oil particles for the FL-scan, since
the behavior of the phase noise σΔϕ of the M-scan (blue points) and the FL-scan (red points) is inverted,
as presented in Figure 7c. The result of the BL-scan (green points) shows a strongly damped correlation
and a high noise of the Doppler shift σΔϕ over the entire capillary, as expected. The relation of σΔϕ

and CQ are empirically determined in [20] and presented as a solid line in Figure 8 besides the very
well fitting measurement values. Since the correlation quotient CQ is indirectly proportional to the
Doppler noise σΔϕ, CQ provides no added value for the analysis of LR-DOCT, for which reason, only
σΔϕ is presented for the following in vitro blood flow measurements.
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Figure 8. Mean error (standard deviation) σΔϕ is shown theoretically (solid line [20]) and
experimentally (measurement points of the M-scan, FL-scan, and BL-scan) as a function of CQ.

4.2. LR-DOCT with In Vitro Blood Flow

In analogy to the Intralipid flow experiment, measurements are performed with the identical
capillary model in combination with diluted fresh human blood. The measured Doppler angle ϑ

amounts to 1.7◦. Since the flow rate is set to 8 mL/h, the measurement parameters concerning the
tracked transverse velocities are similar to the Intralipid flow phantom in Section 4.1. Exemplary
structural images of the detected M-scans, FL-scans, and BL-scans are found in Figure 9a,d for two
data sets, each consisting of 400 A-scans.

 
Figure 9. Grayscale structural images (a,d) and phase-resolved Doppler images (b,e) are shown of the
M-scans, FL-scans, and BL-scans each consisting of 400 A-scans for two experiments A and B with
identical settings. In addition, the standard deviation of the mean Doppler phase shift of 400 A-scans is
overlaid to the structural image for both experiments (c,f).
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Obviously, the speckle pattern is different to the experiments with Intralipid flow, first due to
the larger size of the highly scattering wheel-shaped erythrocytes with a diameter of Ø ≈ 7.5 μm
and a thickness of d ≈ 2.0 μm in comparison to the small spherical oil particles of the Intralipid,
with a mean diameter of Ø ≈ 100 nm relative to the size of the sample beam of w0 = 9.3 μm at the
focal plane. Secondly, this pattern is due to the inhomogeneous distribution of the erythrocytes of
the diluted blood sample within the capillary. Nevertheless, the dilution described in Section 3.1
is necessary for the tracking of erythrocytes at the capillary center, otherwise the erythrocytes are
already too dense at r = 0.5R. Unfortunately, no backscattering signal is achieved at a larger depth,
probably due to the orientation of the erythrocytes in this capillary zone and the resulting angular
intensity modulation in the glass capillary cross section [28]. However, the velocity of the galvanometer
scanner can be matched with the transverse flow velocity of the erythrocytes at the capillary center
with the chosen dilution, as seen in the FL-scan of Figure 9a,d. The FL-scans of the measurements
A and B differentiate, because the group of erythrocytes in experiment A is tracked over a shorter
distance than the group in B. Therewith, the challenge of LR-DOCT for blood flow measurement
becomes apparent, which implies the random catch of erythrocytes at the capillary center and the
selected depths within the capillary, respectively. Because of the shear flow-dependent movement
and orientation of the erythrocytes, the appearance of erythrocytes at the capillary center in blood
samples with reduced hematocrit is small. Generally, for blood samples and especially for diluted
blood, sedimentation of the erythrocytes occurs, where the flow velocity is small, as within the syringe
and the tubing system connecting the glass capillary with the infusion pump [29]. Consequently, the
erythrocytes build aggregates in the form of chain-like stacks [30]. With the falling distance of the
connecting tube in front of the capillary entry, sedimentation and agglomeration within the capillary
are avoided. The aggregates are dispersed, but erythrocytes are still grouped and randomly orientated
at the capillary center in the presented FL-scan. Considering the images with an overlaid Doppler
phase shift and standard deviation in Figure 9b,c,e,f, it becomes apparent that the Doppler noise is
decreased for the resonantly scanned erythrocytes (FL-scan). On closer examination, the phase shift of
the resonantly detected erythrocytes still shows an increased noise in dependence on the amount of
erythrocytes flowing above, which is considered in the analysis presented below. The reason for this
effect might be the optical inhomogeneity of human blood caused by the higher refractive index inside
the erythrocytes. The incident light passing a group of erythrocytes is randomly delayed within the
B-scan, which causes random phase fluctuations beneath this area, as in our case at the capillary center.
Multiple scattering causing Doppler shadows might worsen the effect.

The mean Doppler phase shift and the corresponding standard deviation of the diluted human
blood flow are quantified for both experiments, and the results are presented in Figure 10. As seen, both
measurements offer similar characteristics, which show the reproducibility of LR-DOCT. Moreover,
the calculated phase shift is slightly higher for the FL-scan than for the M-scan in the depth range
of resonantly detected erythrocytes. Additionally, the standard deviation of the mean phase shift
is reduced (asterisk in Figure 10b,d) at the radial position r near the center of the capillary. Since
the erythrocytes are not completely resonantly detected over the detected 400 A-scans, Δϕ and σΔϕ

include the phase information of parts with no significant backscattering signal, which unfortunately
increases σΔϕ.

For a more precise analysis, parts of the trace with a high signal in the resonant region are
selected, as shown in Figure 11. The number of lateral resonantly detected A-scans (originally N = 400
Figure 11a) is systematically reduced to N = 90 (Figure 11b), N = 40 (Figure 11c), and N = 22 (Figure 11d),
showing an increased correlated backscattering signal at the capillary center with a decreasing number
N of selected A-scans. Considering the diagram in Figure 12a, the Doppler phase shift of the resonantly
detected erythrocytes at the capillary center differ slightly for N = 400 (Figure 11a), N = 90 (Figure 11b),
and N = 22 (Figure 11d). Comparing Δϕ of the M-scan and the FL-scan with N = 22, one can identify a
difference up to 0.4 rad and 10 mm/s, respectively, for the resonant detection (Figure 12b). The standard
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deviation of the mean phase shift is maximally reduced for N = 22 of the FL-scan and the resonantly
scanned depths (cp. Figure 12c,d).

 

Figure 10. (a,c) Calculated mean Doppler phase shift Δϕ and resulting flow profile of the diluted blood
flow of experiment A and B are presented as a function of the radial position r for the detected M-scan,
FL-scan and BL-scan. (b,d) Corresponding standard deviation σΔϕ of the mean phase shift versus the
radial position r of the capillary lumen. The asterisk marks the radial position with strongly reduced
σΔϕ obtained with the FL-scan near the center of the capillary.

 
Figure 11. Structural, Doppler flow, and Doppler noise images of the forward lateral scan (FL-scan)
of the diluted blood flow through the 312 μm glass capillary are presented for N = 400 (a), N = 90 (b),
N = 40 (c), and N = 22 (d) analyzed A-scans.
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Figure 12. (a) Calculated Doppler phase shift of the FL-scans in Figure 11a,b,d are shown as a function
of the radial position r. (b) Doppler phase shift of the FL-scan in Figure 11d in comparison to the phase
shift of the M-scan in Figure 9b. (c,d) Corresponding standard deviation of the mean Doppler phase
shift presented in (a,b).

5. Summary and Conclusions

In the present study, lateral resonant Doppler optical coherence tomography (LR-DOCT) is
proposed for velocity measurements of oblique sample motion with very small Doppler angles and
high absolute sample velocities in spectral domain OCT (SD-OCT), where the nonlinear relation
between the Doppler phase shift Δϕ and the axial velocity component vz hampers the accurate velocity
calculation by the phase-resolved Doppler OCT (PR-DOCT). The described LR-DOCT overcomes the
limitation of the nonlinear Δϕ-vz-relationship and allows the calculation of the axial sample velocity
vz by matching the lateral scanner movement velocity with the transverse velocity component vx of
the sample. LR-DOCT is validated by means of two flow phantoms with a 1% Intralipid emulsion
and diluted human blood, respectively. The flow velocity at the capillary center is lateral resonantly
detected by adapting the scanner velocity to the transverse velocity vx of the flowing scattering
particles. By using an online display of the moving sample and accordingly the capillary flow before
data acquisition, the transverse flow velocity vx can be estimated for the adjustment of the scanner
velocity in LR-DOCT. Since the speckle pattern of highly correlated A-scans is clearly identifiable, the
adaption of the lateral scanner velocity is simple. Due to the variable scan velocity of the galvanometer
scanner, within its specifications, arbitrary flow velocities can be lateral resonantly measured by
adapting the scanning protocol. Generally, LR-DOCT works very well for volume scatterers consisting
of many small particles (e.g., 1% Intralipid flow) relative to the wavelength λ0 and the sample beam
width w0 at the focal plane, whereas the method is limited for particles exceeding one or both of
these factors (e.g., highly scattering erythrocytes of blood flow). The validation of the presented study
has shown that LR-DOCT performs to a limited extent for diluted blood flow, where small groups
of obliquely moving erythrocytes are resonantly detectable. This fact probably makes it difficult for
in vivo blood flow measurements. Nevertheless, it is conceivable that LR-DOCT could produce precise
blood flow measurements of easily accessible blood capillaries running almost perpendicular to the
incident sample beam, containing only a few erythrocytes. Even though LR-DOCT has to be evaluated
for in vivo conditions in future research, it is still interesting for many other moving samples in ex
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vivo and in vitro applications, or non-medical and non-biological configurations. Under the discussed
conditions, LR-DOCT overcomes the nonlinear relation between the Doppler phase shift Δϕ and axial
sample velocity, and with this, the limitation of PR-DOCT in SD-OCT for an oblique sample motion
with a strong transverse velocity component. Consequently, LR-DOCT advantageously enables the
simple, correct, and unlimited phase-resolved Doppler measurement of sample and flow velocities
in SD-OCT.
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