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In vivo imaging of small animals is of wide interest to the biomedical community studying biological disease and developmental processes. However, optical imaging deep in tissue is severely limited by light scattering, posing restrictions
on the imaging depth, image contrast, and spatial resolution. We demonstrate optical coherence projection tomography
(OCPT) as a fast three-dimensional optical imaging technique for ballistic, non-scattered light, deep-tissue imaging.
OCPT is based on a novel scanning transmission sample arm to rapidly measure ballistic light projections of amplitude
and phase through thick biological tissues. We demonstrate the strength of OCPT by imaging an adult zebrafish in
a total volume of 1000 mm3 acquired in 24 min. We achieve an unprecedented imaging depth of 4 mm in biological
tissue without using optical clearing (up to 27 mean free paths of photon transport). A new way of analyzing optical
tomographic imaging depth is demonstrated and applied to OCPT. It shows that the strong light scattering suppression
in OCPT is pivotal to reach the SNR limited imaging depth. OCPT allows for a full quantitative assessment of tissue
parameters, which is demonstrated by quantifying the attenuation coefficient, refractive index, surface area, and volume
of various organs deep inside the zebrafish. Our work opens up the way for longitudinal in vivo small animal studies from
the larval to the adult stages. © 2020 Optical Society of America under the terms of the OSA Open Access Publishing Agreement
https://doi.org/10.1364/OPTICA.397549

1. INTRODUCTION
The ability to image deep-lying layers of biological tissue in a noninvasive fashion holds great promise for biological and biomedical
studies. To achieve this, the scientific challenge is to prevent light
scattering inside the tissue from degrading the optical imaging
depth, image contrast, and spatial resolution. Various techniques
have been developed to tackle this problem either by reducing the
amount of light scattering—for example, through optical tissue
clearing [1,2] or by using long-wavelength multi-photon imaging
[3–5]—or to selectively detect ballistic (unscattered) light—for
example, through confocal detection [6], gating based on coherence of the collected photons [7], gating based on photon arrival
times [8,9], or decoupling illumination and detection [10,11]).
One of the most successful approaches for imaging in turbid
media is optical coherence tomography (OCT) [12,13], which is
efficient in the selective detection of ballistic, single-scattered light
for low scattering media. However, for highly scattering media,
photons are mapped onto a depth matching their optical path
length (OPL) that, for the majority of photons, is not equal to the
single scattering path length. This results in reduced image contrast
and reduced signal-to-noise ratio (SNR) [14,15].
In contrast to reflection-based imaging geometries, in transmission, not the weak backscattered light is detected, but instead
all the transmitted light is collected by the exit numerical aperture
(NA). Moreover, the optical path-length distribution (OPLD)
2334-2536/20/121682-08 Journal © 2020 Optical Society of America

measured in transmission is free from the ambiguity of path length
and reflection depth that is present in OCT imaging of dense
scattering media [14]. Therefore, selection of only ballistic photons from the transmitted light can be performed by path length
selection [16,17]. A disadvantage of path-length-resolved transmission OCT imaging is that no direct 3D spatial information
is obtained. Instead, path-length-integrated measurements of
spatially varying optical properties have to be processed using
computed tomography to reconstruct 3D images.
Several transmission-based optical tomographic techniques
have been reported, using either time gating or confocal gating
[18–20]. Some techniques focus only on group-refractive-indexbased imaging of transparent phantom samples [18,21]; others
allow attenuation-based imaging of turbid materials but are not
quantitative [19] or do not use ballistic light selection for highresolution imaging [20]. All are based on slow lateral scanning with
translation stages making their application cumbersome. Hence,
the applied gating techniques for transmission imaging are not
used to their full potential.
Here, we present optical coherence projection tomography
(OCPT) as an optical imaging modality that addresses these issues
in a novel way through the use of a rapidly scanning transmission
sample arm for both amplitude- and phase-resolved detection of
ballistic photons. We demonstrate label-free deep-tissue quantitative imaging up to a depth of 4 mm in tissue, corresponding to 27
mean free paths (MFPs).
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Fig. 1. General principle of OCPT imaging. (a) Fiber-based spectral-domain transmission OCT system with scanning sample arm. (b) Optical path
length (OPL) distributions are computed from the measured interference spectra. Based on the OPL distribution, the signal from ballistic photons is
selected and used for imaging. (c) Multiple transmission measurements are taken from different lateral positions and angles, illustrated here by measurements of a scattering silicone phantom. (d) For each measurement of (c), an OPL distribution is computed, and the height and location of the ballistic signal
are analyzed and ordered into sinograms for the attenuation coefficient µt and group refractive index n g . Finally, 3D images of these optical properties are
reconstructed from the sinograms (see Visualization 1).

2. OCPT METHODOLOGY
The general concept of OCPT is depicted in Fig. 1. Transmission
measurements are performed with a single-mode fiber-based
spectral-domain low-coherence interferometer system operating
at a center wavelength of 1300 nm with a sensitivity of −116 dB
and a coherence length of 29 µm [see Fig. 1(a) and Section 1 in
Supplement 1]. Light from the sample arm of a Mach–Zehnder
interferometer is focused in the sample, and transmitted photons
are collected with a lens and coupled into a single-mode fiber. The
sample arm consists of a novel rapidly scanning and de-scanning
galvanometer system. The scanning is synchronized with the
de-scanning to achieve high transmission over the entire 8 mm
lateral range of the projection (see Section 2 in Supplement 1) and
enables acquisition of a single projection in 20 ms. The collected
transmitted sample arm light is combined with light from the
reference arm, and the resulting interference pattern is measured
on a spectrometer. From the interference spectrum, the OPL distribution of the light transmitted by the sample is calculated through
an inverse Fourier transform, as shown in Fig. 1(b).
Ballistic photons that travel straight through the object accumulate on the shortest optical path and create a sharp peak in the
OPL distribution [see Fig. 1(b)]. Non-ballistic photons are scattered in the sample and therefore travel longer distances resulting
in their detection as a distribution with longer path lengths than
the ballistic peak in the OPL distribution. For selection of ballistic
signal photons, only photons that travel the shortest straight optical through the sample are detected. Relative to an empty sample
arm, the height and location of the ballistic peak are a measure
of the path-length-integrated attenuation coefficient and group
refractive index of the sample, respectively.
OCPT is based on the rapid sequential point scanning of
transmission measurements from different angles and lateral
shifts. From these measurements, the 3D distributions of the
group refractive index, n g , and attenuation coefficient, µt , are
reconstructed. Although µt encompasses both absorption and
scattering, for biological tissues imaged in the used wavelength
band, absorption is negligible, and µt gives primarily scattering
contrast information. Figures 1(c) and 1(d) demonstrate this
process with measurements of a scattering silicone phantom (see
Section 3 in Supplement 1). The collected ballistic transmission

peak heights and OPL positions are ordered in two separate sinograms that are reconstructed independently using the algebraic
reconstruction technique (ART) [22] (see Section 4 in Supplement
1 for a detailed description of the signal processing steps). The
cylindrical phantom has a diameter of approximately 4 mm, mean
attenuation coefficient of 1.3 ± 0.8 mm−1 , and mean group
refractive index of 1.463 ± 0.001. The sinograms of the two
modes of contrast [Fig. 1(d), right] reveal clear differences, as do
the reconstructed 2D tomograms [Fig. 1(d), left]. The attenuation coefficient image shows the structure of the object and many
strongly scattering clusters of titanium dioxide. The refractive
index image shows a homogeneous refractive index within the
phantom. Some of the larger clusters of titanium dioxide are
also visible in the refractive index image (for full 3D images, see
Visualization 1).
3. OCPT IMAGING OF TISSUE PHANTOMS
OCPT is based entirely on ballistic light and, as a result, the spatial
resolution is not affected by scattering in the sample. Instead, it is
determined solely by the imaging system specifications. The tomographic image resolution is determined experimentally from the
images of the individual titanium dioxide clusters in the silicone
phantom. The titanium dioxide clusters, reported as having a mean
diameter of 730 ± 600 nm [23], can be considered point objects
for OCPT. The phantom material was measured in 64 transverse
slices spaced 8 µm apart. Each slice was measured with 1000 lateral
sampling points covering 8 mm, and 180 angular projections with
a sampling distance of 1◦ . The individual clusters in the OCPT
image of the phantom, which is shown in Fig. 1(d), are characterized by their full width at half maximum (FWHM) in the radial,
tangential and vertical directions (see Section 6 in Supplement 1,
which describes a full characterization of the position-dependent
resolution in the attenuation coefficient OCPT image). The resolution of OCPT images is anisotropic, varying with position
in the image, which is caused by the limited depth of field of the
imaging system, an effect that has been studied extensively for
optical projection tomography (OPT) [24]. Our analysis shows
an isotropic 20 µm FWHM resolution at the center of the image.
At 1 mm from the center, the resolution in the tangential direction
degrades to 100 µm at 1.5 mm from the center. The resolution in
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Fig. 2. OCPT imaging of an adult zebrafish. Reconstructed transverse tomograms of the (a)–(c) absolute attenuation coefficient µt and (f )–(h) group
refractive index n g of an adult zebrafish. False-colored 3D visualizations for the (d) attenuation coefficient and (e) group refractive index in a coronal plane of
the zebrafish.

the radial and vertical directions does not degrade with distance
from the center.
Validation measurements of the quantitative image contrast
were performed with an agarose cylinder imaged with OCPT while
immersed in water-diluted Intralipid solutions. The addition
of Intralipid to water changes both the refractive index as well
as the attenuation of the medium. The optical properties of the
Intralipid–water mixture are determined in bulk using transmission OCT [17] and compared with the values obtained in the
OCPT images. Both values are in good agreement (see Section 5 in
Supplement 1).
4. OCPT IMAGING OF AN ADULT ZEBRAFISH
Zebrafish larvae are imaged extensively as model animals in medical and biological research due to their easy maintenance, rapid
reproduction, and optical transparency. In contrast, adult zebrafish
are larger and not as transparent as the larvae and therefore challenging to fully image in 3D at high resolution. Experiments were
performed on adult zebrafish mounted in 2% low-melting point
agarose gel that was encased in tube of 4 mm inner diameter fluorinated ethylene propylene tube. Before fixation in agarose, the
zebrafish were euthanized in ice water in the Erasmus University
Medical Centre Rotterdam (Erasmus MC) according to animal
welfare regulations. A total of 200 transverse slices were recorded,
uniformly distributed over 20 mm. The lateral and angular sampling was the same as presented for the phantom experiments. The
total 3D volume of 1000 mm3 was obtained in 24 min during
which 137 GB of raw data was acquired.
Figure 2 shows the full OCPT imaging of a 4 mm thick, 20 mm
long adult zebrafish embedded in agarose. Figures 2(a)–2(c) show

Fig. 3. Quantification of zebrafish tissue optical properties imaged
with OCPT. Segmentation of multiple zebrafish organs with volume and
median optical properties of the eyes, brain, spine, and swim bladder.

transverse cross sections of the zebrafish attenuation coefficient.
Several distinct anatomical features can be recognized such as the
eye lens and retina, the swim bladder, and the spine. The group
refractive index images of the zebrafish are shown in Figs. 2(f )–
2(h). The group refractive index transverse cross sections show
several anatomical features of the fish. The gas-filled swim bladder
(n g = 1) is clearly visible from the surrounding tissue that has a
higher refractive index. The lenses of the eyes also show high contrast. False-colored 3D visualizations of the zebrafish attenuation
coefficient and group refractive index [Figs. 2(d) and 2(e) and
Visualization 2, Visualization 3] show the spine, brain, and overall
structure of the zebrafish.
With OCPT, quantitative analysis of tissue and organ properties in toto is realized. Figure 3 shows a representative example of
this approach visualizing the zebrafish brains, eyes, skin, spine, and
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Fig. 4. Fixed time gate OCPT reconstructions. Application of fixed time gating to the OPLD for several time windows measured with OCPT on
zebrafish.

swim bladder segmented with different methods based on OCPT
images of the group refractive index or attenuation coefficient (as
described in Section 7). From the segmented organs, their surface
area, volume, and median optical properties are calculated. With
OCPT, quantitative label-free assessment of tissue development
and function at high resolution in an adult uncleared zebrafish is
realized, something that is unfeasible with current state-of-the-art
imaging equipment.
In addition, we demonstrate the ability to create fixed-time
coherence-gated OCPT reconstructions, as shown in Fig. 4, which
shows µt reconstructions for light arrival times varying between 0
and 566 fs. These images with variable time gates are computed by
integrating the measured intensity in the OPLD within a Gaussian
window with a FWHM corresponding to 63 fs travel time in air.
The figure shows that different positions of the fixed-time coherent
gate result in changes in the visible anatomical features. The release
of the coupling between ballistic light and attenuation increases the
attenuation contrast and also shows multiple scattered light in the
reconstruction. Only with the Fourier-domain implementation of
high-speed OPLD acquisition in OCPT does the adjustment of
the arrival time not require any additional acquisition time and can
be performed after data acquisition.
5. OCPT IMAGING DEPTH ANALYSIS
For optical imaging techniques, the imaging depth increases with:
(1) increasing system sensitivity and (2) stronger rejection of scattered light. The precise trade-offs between these two parameters
and the effect of the sample properties make it complicated to
determine the exact imaging depth a priori [25].
A. Sensitivity Limited Imaging Depth

In the case of sufficient suppression of multiple scattered light, the
maximum imaging depth is defined as the number of MFP lengths
of photon transport for which the SNR becomes one. The SNR is
defined as SNR = 10log10 (P0 /Pnoise ), where P0 and Pnoise are the
signal and noise powers, respectively. Hence, the maximum imaging depth for a backscatter-based low-coherent imaging system is
given by

zbackscat =



SNRdB
1
ln(l s p NA µs ) +
ln 10 ,
2
10

(1)

where l s is the coherence length, p NA is the scattering phase function integrated over the collection NA of the imaging system lens,
and µs is the scattering coefficient of the sample [26]. The first
term in Eq. (1) describes that only a fraction of the scattered light
is scattered in the backward direction, limiting the signal received
by a backscatter-based system. For a system with coherence length
l s = 10 µm, SNR = 116 dB, p NA = 4 · 10−5 , and µs = 4 mm−1 ,
this results in a maximum imaging depth zOCT = 7 MFP.
Imaging in transmission, as is the case for OCPT, the first factor
in Eq. (1) is eliminated since all unscattered transmitted light can
contribute to the detected signal. Moreover, due to the absence of a
return path through the sample, the factor 1/2 is also absent, effectively increasing the imaging depth by a factor of two. Hence, the
OCPT sensitivity limited imaging depth is


SNRdB
zOCPT =
ln 10 .
(2)
10
Consequently, transmission-based imaging has a much larger
imaging depth than conventional backscatter-based imaging. For
a transmission low-coherence system with a sensitivity of -116 dB,
the maximum imaging depth would be zOCPT = 27 MFP, which
is almost a factor of four larger than the imaging depth computed
for a backscatter-based imaging system. In addition, the transmission system does not suffer from the path length ambiguity of
multiple scattered optical paths mapping onto shallower depths
[14] that backscatter-based imaging systems have.
B. Multiple Scattering Limited Imaging Depth

For the case of strong multiple scattering, the imaging depth is
given by the ratio of detected ballistic to diffuse power, which, for a
transmission confocal system and a homogeneous sample, is given
by [25]
R bd =

π L2
µs (1 − g )L exp(−µs L),
2λ2

(3)

where L is the sample thickness, g the scattering anisotropy, and λ
the light wavelength. Based on Eq. (3), using the same parameters
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as above, λ = 1300 nm, and taking a typical value of g = 0.9 in
tissue, the detected ballistic power equals the scattered light power
for a transmission confocal system at L = 17.2 MFP. An increase
to 21.5 MFP has been measured in a transmission confocal system
with a narrow bandwidth heterodyne detection [25]. Considering
the sensitivity limit zOCPT = 27 MFP of our OCPT system, only
a confocal gating would not sufficiently reject scattered light to
guarantee ballistic imaging. Consequently, the coherence and time
gating applied in OCPT are required to sufficiently reject scattered
light in the imaging process.
Considering the suppression of multiple scattered light, OCPT
suppresses scattered light in three ways. First, multiple scattered
photons are filtered out since they do not couple efficiently to the
single-mode fiber that acts as a collection pinhole (confocal gating).
Second, photons that due to scattering lose their polarization or
are not coherent anymore with the single spectral pixel temporal
coherence do not contribute to the measured interference signal
and are also suppressed in the image formation (combined confocal
interference gated detection). Third, the path length selection
identifies ballistic photons based on their path length and hence on
their arrival time (full spectral bandwidth coherence/time gating).
The contributions of the confocal gate, confocal and interference
gates, and coherence/time gate to the imaging depth can be separated experimentally by reconstructing images with different input
signals all derived from the same OCPT data set (as described in
Section 4 of Supplement 1).
The deep-tissue OCPT imaging performance is analyzed in a
novel way by determining the optical thickness distribution for all
rays in the measured attenuation sinogram. TheR optical thickness
is the mean number of MFPs, i.e. p µt (θ, t) = 1µt (s, t)ds for
all, and is an indication of the maximum imaging depth of the
imaging system. In order to reduce the effects of noise, the calculations are performed using a sinogram that is computed from the
reconstructed data µt (x, y, z) using the Radon transform R. With
the forward projected sinogram, p µt back (θ, t, z) = Rµt (x , y , z)
rays are taken into account that in principle cannot be measured
because of Eq. (1), but that are reconstructed based on other rays
that travel through the sample. This analysis is corroborated by
comparing the forward projected attenuation sinogram with the
attenuation sinogram obtained directly from the measurements
1 p µt (θ, t, z) = | p µt back − p µt |. A deviation of the measured
sinogram with the forward projected sinogram means that the
ray measurement is not consistent with the overall object reconstructed from all the rays, indicating a measurement error. An
estimate of the maximum imaging depth is made by computing
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how many rays of the forward projected sinogram deviate significantly (>50%) from the corresponding measured sinogram
rays.
The confocal gated attenuation image of a single slice of the
zebrafish brain in Fig. 5(a) shows poor image quality due to weak
rejection of multiple scattered light. The image clearly shows the
outline of the zebrafish, but no inner structures can be observed.
The MFP distribution of the measured rays for confocal gated
tomographic imaging is shown in Fig. 6(a). The MFP distribution,
terminates in the 10–12 MFP region. In confocal detection, some
of the scattered light is not rejected, causing the detected signals
to be higher than the ballistic OCPT signal. This results in an
underestimation of the attenuation, hence limiting the sampled
MFP range. The analysis of inconsistent rays, shown in Fig. 6(b),
indicates a sharp increase in inconsistent rays at 12 MFP, which is at
the end of the confocal gated imaging range. Inconsistencies at low
MFPs are caused mainly by detector saturation errors.
The confocal and interference gated attenuation image, shown
in Fig. 5(b), shows many more internal structures of the zebrafish.
The addition of the interference gate improves the image quality,
and fewer multiple scattered photons are measured. In Fig. 6(a),
the MFP distribution also shows an increase in rays with a larger
optical thickness, indicating a higher sensitivity, and terminates
in the 13–15 MFP range. For the confocal and coherence gated
images, a sharp increase in inconsistent rays in observed at 14 MFP,
shown in Fig. 6(b), which is at the end of the confocal and coherent
gated imaging range. This imaging performance is better than
imaging with confocal gating only. The improvement in image
quality of the confocal image with the addition of the interference
gate is attributed to the increase in heterodyne sensitivity of the
system and improved suppression of scattered light that has the
wrong polarization or path length.
The OCPT attenuation image in Fig. 5(c) shows an improvement in image contrast compared to the confocal and confocal
with interference gated images and clearly reveals the most structural features inside the zebrafish. As OCPT image reconstruction
is done by ballistic light selection in the OPL distribution, the
addition of the coherence/time gate to select only ballistic light is
crucial to achieve high contrast deep in tissue. This is especially
important since for biological tissue, light scatters primarily in the
forward direction [27] leading to a rapid deterioration when imaging through thick tissue without sufficient suppression of multiple
scattered light. In addition, the measured attenuation values are
higher due to the improved suppression of scattered light. The
MFP histogram in Fig. 6(a) shows that the majority of the rays is

Fig. 5. Comparison of different gating methods in optical tomographic imaging. (a) Confocal gated tomographic image. (b) Tomographic image created by a combination of confocal gating and interference gating. (c) OCPT image made by combining confocal gating, interference gating, and time gating. Scale bar 1 mm.
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be applied to objects that have sub-resolution movement due to,
e.g., blood flow or heart beats.
In its generated images OCPT resembles those obtained with
optical coherence refraction tomography (OCRT) [34]. However,
in contrast to OCRT, OCPT provides quantitative attenuation
contrast and is capable of deeper imaging due to the single-pass
geometry. On the other hand, OCPT light rays do suffer from
refraction, which is currently not taken into account. Similar to
OCRT, this issue can be addressed using iterative reconstruction
based on the initial refractive index reconstruction.
OCPT is the Fourier-domain equivalence of time-gated OPT
(TG-OPT) [9]. OCPT has approximately equivalent imaging
depth as TG-OPT. However, TG-OPT is performed with higher
sampling in the axial direction, thereby yielding better image quality in sagittal planes through the zebrafish. However, because of the
variable time gate, OCPT allows for multi-parameter quantitative
imaging of µt and n g , providing better contrast in the image.
A. OCPT Speed and Resolution
Fig. 6. Analysis of the OCPT imaging depth. (a) Histogram of the
optical thickness for every computed ray through the measured tissue as
a function of the MFP traversed by the ray for OCPT, confocal imaging
and confocal imaging with coherence gate. The dashed red line indicates
zOCPT . (b) The fraction of rays for which the computed sinogram with
path-length-integrated attenuation coefficients deviates from the directly
measured sinogram by more than 50%.

within the limit computed for transmission OCT using Eq. (1).
The background medium contributes a large number of rays with
approximately close to zero MFP of optical thickness. A small fraction of the rays show MFP values higher than the system sensitivity
limit. This is attributed to the tomographic reconstruction process
in which the volume sampled by rays experiencing large attenuation is measured indirectly by rays propagating from directions
that have smaller integrated attenuations. Consequently, the full
object is reconstructed, even though it is optically thicker than
zOCPT at some angles and lateral positions. Not taking this effect
into account, the maximum imaging depth zOCPT is clearly visible
from the fast increase in incorrect rays, observed at 27 MFP, the
maximum OCPT imaging depth. This depth is in good agreement
with the prediction of zOCPT based on Eq. (2). From this analysis, it
follows that OCPT pushes the ballistic light scattering imaging to
its fundamental SNR-limited range of 27 MFPs, equivalent to the
detection of a fraction as small as 10−12 of the input light.

OCPT can build on the many hardware innovations and methodological advances made in the field of OCT and fiber technology.
Further speed improvements can be foreseen with the use of, for
example, parallel transmission OCT using a line illumination and
detection [35]. In combination with the same illumination power
per lateral spot, this also can significantly increase the SNR.
In addition to the significantly improved contrast, the selection
of the ballistic light results in a sample-independent resolution. In
OCPT, the spatial resolution is determined entirely by the imaging
optics. Consequently, OCPT can image with high and isotropic
resolution in the center, but suffers from a decrease far away from
the center due to the limited depth of field. Potential resolution
improvement can be achieved through the use of divergencefree Bessel beams. Alternatively, point-spread-function based
reconstruction [36] can be performed, which is compatible to the
present case of a shift variant PSF of our scanning transmission
sample arm.
Besides application to OCPT, we envision the rapid scanning transmission sample arm to be relevant to other imaging
techniques that are currently configured in reflection geometry.
The implementation of the scanning transmission sample arm
can improve the signal collection efficiency and/or improve the
imaging contrast in scanning imaging modalities such as confocal microscopy, phase contrast microscopy, second-harmonic
imaging, and multi-photon microscopy.
B. OCPT Applications

6. DISCUSSION
With its 27 MFP imaging depth, OCPT outperforms many stateof-the-art deep-tissue imaging techniques.
Compared to reflection optical imaging systems [28] such as
OCT and confocal microscopy, transmission systems, such as
OCPT, have a more efficient use of the OPL through the medium,
more efficient light collection, and no path length depth ambiguity. In contrast to wavefront-based techniques for deep-tissue
imaging (such as wavefront shaping [29,30], time reversal [31,32],
and coherent addition [33]), OCPT is not based on phase conjugation and is therefore not affected by movements on the order
of a wavelength during a single acquisition. Hence, OCPT can

OCPT allows for high-speed quantitative 3D imaging of turbid
objects without the need for optical clearing or labeling. The total
acquisition time of 24 min makes it feasible to perform measurements on an entire sedated live zebrafish. In this way, OCPT has
the potential for longitudinal high-resolution in vivo imaging of
a zebrafish from the larval to the adult stage. In a more optimized
setting, such as through the use of full automation of zebrafish
sorting, transport, rotation, and imaging, OCPT high throughput
zebrafish imaging can be realized. Based on the OCPT tissue contrast, many adult zebrafish organs can be visualized, segmented,
and quantified.
OCPT presents an advancement over current imaging techniques that focus mainly on small transparent zebrafish larvae. In
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high throughput microscopy of zebrafish larvae [37], the focus is
on quantification of their exterior properties such as overall shape,
volume, and surface area [38] without having sufficient contrast
to quantify the interior of the fish. In contrast to OPT [37] and
light sheet microscopy [39], OCPT can image larger and less transparent zebrafish. OCPT’s combined 1µt and n g contrast enables
imaging and segmentation of internal organs in a single acquisition
without the use of multi-modal imaging with fluorescent labeling [40]. OCPT has the ability for quantitative analysis of many
zebrafish organs, which in combination with the potential for in
vivo imaging makes it possible to perform quantitative longitudinal studies from the larval to the adult stage. This makes OCPT
an interesting tool for many studies on drug efficacy, toxicity, and
developmental biology.
7. CONCLUSION
OCPT provides a new and quantitative way for label-free quantitative deep-tissue imaging. It provides the first-ever quantitative
measurements of optical properties of an entire adult zebrafish,
thereby opening a broad range of new applications for (preclinical) research in the life science and medicine. The significant
leap in imaging depth achieved with OCPT widens the possible
range of optical imaging and could benefit the imaging of 3D cell
cultures, tissue organoids, embryos, human biopsy tissues, small
animals, plants, and optically cleared larger biological systems such
as whole mice. OCPT is based on a novel scanning transmission
sample arm to rapidly measure ballistic light projections of amplitude and phase through thick biological tissues with use in a wide
variety of optical microscopy applications.
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