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Abstract: We report a cross-talk free simultaneous three-wavelength digital holographic
microscopy setup for spectroscopic imaging of biological cells during flow. The feasibility
of the proposed measurement technique is demonstrated on erythrocytes, due to their unique
morphology and dependency of hemoglobin (Hb) molecule absorption on wavelength. From the
spectroscopic quantitative phase profiles of cells acquired during flow in a microfluidic device,
we decoupled the refractive index and the physical thickness. We then used our quantitative
phase imaging results to dynamically calculate the mean cell volume (MCV), mean corpuscular
Hb concentration (MCHC), mean corpuscular Hb content (MCH) and sphericity index.
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1.

Introduction

Flow cytometry has made significant progress during the past two decades. Biological staining
can be used to obtain imaging capabilities during flow cytometry [1,2]. Staining, however,
might change the cell physiology in the long run, specifically if multiple staining cycles are
needed [3]. For conventional imaging flow cytometry, where the cells are imaged during flow,
the resulting image is two-dimensional in nature, thus volumetric measurement of individual
cells based on staining alone might have large calculation errors [4]. Interferometric phase
microscopy (IPM), also called digital holographic microscopy or quantitative phase microscopy,
is an imaging modality that utilizes the inherent characteristics of the interaction of electrical
fields with transparent cells to accurately measure various biological parameters, such as dry
mass and volume in live cells without the need for staining [5–8]. IPM records an interference
of the light passing through the sample with a reference beam in order to measure the delay of
light due to its interaction with the biological cell that is associated with its different refractive
index (RI) in comparison to the surrounding watery medium. From a single-exposure off-axis
interference pattern, one can reconstruct the optical path difference (OPD) map, which is the
product of the cell RI map and physical thickness map. One of the problems in IPM lies in the
coupling of these two parameters. While the OPD can be a valid indicator for certain cellular
parameters, as long as the RI and the cell thickness are not decoupled, it is difficult to measure
actual physical properties of the cell, such as the mean cell volume (MCV), which is frequently
used to characterize erythrocytes, or red blood cells (RBCs).
There have been numerous attempts to decouple the RI and the thickness of cellular OPD
maps. A recent paper [9] has categorized the decoupling techniques into three groups. The
straightforward approach is to evaluate the physical thickness of cells by either approximating the
cell shape to a sphere or ellipsoid, which is not applicable for RBCs, or by direct measurement
by other thickness measurement methods, such as atomic force microscopy [10,11] or confocal
fluorescent microscopy [12,13], which is not applicable for cell during fast flow [4,14]. Another
solution is using tomographic phase microscopy (TPM) [15–18], where objects must be imaged
from various viewing angles. These interferometric projections images are then processed into the
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cellular 3D RI and thickness distributions. However, due to the need for multiple measurements
in preliminary known viewing angles and the associated computation burden, this approach is less
suitable for rapidly measuring cells during flow in case that only the cell thickness is eventually
required. The third approach for RI-thickness decoupling relates to solving two equations for two
unknown variables. For example, to obtain the two equations, one can acquire the same cells in
two surrounding mediums with two RI [13,19,20]. This approach is not suitable for cells during
flow since during medium change, the cell must be stationary. A more suitable imaging approach
makes use of two separate wavelengths in case that the RI of the cell or the surrounding medium
is dispersive [21–23], but this approach cannot be considered as completely label-free, since it
still changes the surrounding medium properties.
In multi-wavelength holography, two wavelengths or more illuminate the sample either
consecutively or simultaneously, to calculate its spectral phase data. This multi-wavelength
holographic imaging can be used to create a synthetic wavelength that allows imaging thicker
samples by optical phase unwrapping [24–28]. Alternatively, the spectroscopic information can
be used for decoupling of thickness and RI in quantitative phase imaging of biological cells. In
this case, imaging the sample by two wavelengths may be sufficient for simple samples with
known dispersion or dispersive medium. For RBCs, two wavelengths may not be enough and
multi-wavelength illumination can be applied, without using dispersive medium. Jang et al.
[8,29] have shown that the RI of RBCs cytoplasm depends on the concentration of hemoglobin
(Hb), its known RI increment and the average RI of other molecules in the cell [30,31]. Thus,
together with the cell physical thickness, there are three unknown variables, and thus, it requires
the use of three wavelengths for solving a non-linear equation system.
Interferometric imaging of RBCS with simultaneous acquisition of three wavelengths was
previously demonstrated in [8] by using three color channels of a color Bayer camera. However,
cross-talk between the camera wavelength channels limits the applicable light sources and might
affect the accuracy of the results. Recently, our group introduced simultaneous three wavelength
IPM, capable of cross-talk free imaging of samples, which was used to obtain the three wavelength
quantitative phase unwrapping metrological samples, which are thicker than is possible with a
single wavelength [27].
The current manuscript presents an improved, cross-talk-free simultaneous three wavelength
IPM system and adapts it, for the first time, for obtaining quantitative imaging spectroscopy
during imaging flow cytometry. Based on this parallel quantitative imaging capability, we
performed various volumetric measurements of RBCs during flow.
2.
2.1.

Methods
Optical setup

The optical design of the system used for dynamic spectroscopy of RBCs is based on our optical
system used for three wavelength phase unwrapping [27], with several modifications, including
using reflective diffraction gratings. As shown in Fig. 1, three separate light sources are combined
by dichroic mirrors (DM) to illuminate the sample: a 473 nm laser diode (LD) (LaserGlow,
LRS-0473-FPM-00050-03), a 532 diode-pumped solid state (DPSS) laser (Thorlabs, CPS532),
and a 633 nm Helium-Neon (HeNe) laser (Thorlabs, HNL050L). The LD and DPSS lasers are
combined by DM1 (Semrock, R488-Di02), after which both beams are combined with light
originated from the HeNe laser, by DM2 (Semrock, FF593-Di03). The illumination of the sample
is therefore coaxial and simultaneous in all three wavelengths. Since the LD light sources have a
relatively short coherence length of hundreds of microns, the area of interference upon the sensor
is too narrow due to loss of mutual coherence across the interfering beams. We therefore use, for
the first time in this approach, diffraction gratings (DGs) to create the off-axis angles, as they tilt
the propagation of the light but not its wavefront, enabling a uniform interference pattern across
a larger field of view (FOV) [32,33].
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Fig. 1. Imaging system scheme for improved 3wl off-axis holography. M1-6: dielectric
mirrors. DM1-4: dichroic mirrors. MO: microscope objective. L1-5: achromatic lenses. BS:
beam splitter, FS: field stop, PH: pinhole with additional holes drilled for the back-reflecting
beams. DG1-3: diffraction gratings. Back-reflected beams from DG2, DG3 are not drawn,
for simplicity. The inset at the left shows a perspective view of the PH plate, spatially filtering
the incoming beam (black), and allowing back-reflected light of the three wavelengths
channels.

The sample plane is imaged by an apochromatic microscope objective (MO) and tube lens L1 to
the image plane, where under ordinary microscopy conditions the camera sensor would be located.
The image plane, set by field stop FS to avoid stray-light, is imaged through our three wavelength
module on the camera sensor. In this module, beam splitter (BS) splits the beam into sample
and reference arms. The sample arm consists of two consecutive 4f lens configurations (L2-L3,
followed by L3-L5) for relay imaging upon the camera of all three wavelengths simultaneously.
In the sample arm, the light is reflected from mirror M5, and is combined with the reference
arm by the BS. In the reference arm, the pinhole plate PH is located at the Fourier plane of L2,
filtering spatial data of the sample and essentially creating the reference for all three wavelengths,
externally to the microscope. Lens L4 is positioned at the backend of the PH, forming the first
4f configuration for the reference arm. The reference beams are then split by a dichroic mirror
DM3 (Semrock, FF593-Di03), where both shorter wavelengths are reflected to a dichroic mirror
DM4 (Semrock, R488-Di02), after which each wavelength is separated. Reflective diffraction
gratings DG1, DG2, and DG3 (Thorlabs, GR25-0305) are located at focal distances from L4 in
order to keep the 4f lens configuration, similarly to the sample arm. These diffraction gratings
are positioned at the image plane, each of them rotated at a different angle. Consequently, each
diffraction grating reflects the light of its respective wavelength at a different solid angle. Lens
L4 then focuses the wavelengths at three different regions on PH, as shown in Fig. 1 inset,
elaborating the PH settings. One pinhole is used for low-pass spatial filtering of the beam and
creating a reference beam for all three wavelengths on the coming on-axis beams. The periphery
of the PH plate is cut to enable the three off-axis back-reflected reference beams to go back and
recombine with the sample beams at BS, where lens L5 projects all three pairs of beams on
the monochrome camera sensor (IDS, UI-3880CP-M0GL). Each wavelength creates an off-axis
interference pattern on the camera sensor plane with respect to the relative angle between the
sample and the reference beams. Therefore, three multiplexed interference patterns appear on the
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monochrome camera sensor at once, and can be acquired in a single camera exposure. These
three wavelength channels are separable on the spatial frequency domain, as explained later,
allowing reconstruction of the full three wavefronts, acquired simultaneously.
2.2.

Three-wavelength quantitative phase profiles extraction

As mentioned above, an off-axis interference pattern is formed upon the sensor by each of the
wavelengths. Each interference pattern holds information about the quantitative phase of light
interacting with the sample at that wavelength. The interference of each wavelength on the sensor
can be described as:
Isensor = |Es | 2 + |Er | 2 + 2 · |Es · Er | cos(∆φ + x · k sin α),

(1)

where Es and Er are the sample and reference electric fields, respectively, ∆φ is the phase
difference, x defines the interference pattern axis, k = 2π / λ is the wavenumber, and α is the
relative angle (on the respective x-axis) between the sample and reference waves. The OPD can
be calculated by dividing ∆φ by k, where ∆φ is extracted separately for each wavelength, per pixel
[34]. The three wavelength multiplexed hologram is shown in Fig. 2(a). The extraction of ∆φ is
executed by first Fourier transforming the digital hologram of Eq. (1), filtering the corresponding
cross-correlation terms, inverse Fourier transforming, followed by phase unwrapping to avoid
possible 2π ambiguities [35], as shown in Fig. 2(b). Note that the off-axis angles between the
three pairs of interfering beams, each pair in a different wavelength, have been chosen such that
the cross-correlation terms will not overlap in the spatial frequency domain, as shown in Fig. 2(b).
Therefore, the full reconstruction of the corresponding quantitative phase maps at the three
wavelength channels is possible. Such phase maps of all three wavelength channels are shown in
Figs. 2(c)–2(e). The phase can be written as ∆φ = k·h·∆n, or the product of the known wavenumber,
the unknowns physical thickness h and the RI difference of the cell and its surroundings ∆n. We
used an apochromatic microscope objective to avoid chromatic aberrations. In addition, slight
corrections of wave propagation can be done on each channel after initial system calibration, as
proposed by Ferraro et al. [25].
2.3.

Volumetric cytometry

In the case of RBCs, ∆n is a function of λ, Hb concentration C, and the RI of other cytoplasmic
molecules nX , which can be described by the following equation [8,30,31]:
∆φ(x, y, λ) =

2π
[β(λ)C(x, y) + nX (x, y)]h(x, y),
λ

(2)

where β is a constant calibrated from prior knowledge in literature [30]. In order to solve this
equation, which has three unknowns, C, nX and h, we use the optical system described earlier
that supports simultaneous phase acquisition by three wavelengths. Since the unknowns are
coupled to each other and form a set of nonlinear equations, an optimization process is needed
[8]. The physical thickness of the RBCs is then decoupled from the RI, and a true thickness map
of the cell can be processed. Shortly, since the proteins within each RBC are homogenous, their
concentration should be uniform across the cell area. Therefore, in order to solve the non-linear
Eq. (2) for three wavelengths, it is considered as an optimization problem, where the standard
deviation of C and nX should be minimized, with the following constraints:



20<C<50 [g/dl]




min[std(C, nX )], s.t. 0.001<nX <0.01 .



 0.1<h<3 [µm]



(3)
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Fig. 2. (a) Raw off-axis digital hologram of RBC during flow, containing three wavelength
channels, acquired in a single monochrome camera shot. (b) The spatial frequency spectrum
of the multiplexed hologram shown in (a), with three pairs of separable cross-correlation
terms, containing the complex wavefronts of the cells at the three wavelengths. The chosen
term at each wavelength is marked by color dash-line ellipse. (c)-(e) The reconstructed OPD
maps at 473 nm (c), 532 nm (d) and 633 nm (e).

The volume and Hb concentration of each cell is then derived, enabling the calculation of
advanced erythrocytic measures. First, cell volume is calculated by integrating its thickness. Cell
surface area (SA) is then measured by calculating a three-dimensional mesh surface and its area,
similarly to the calculation suggested by Mir et al. [6]:
SA = 2 · SAC + P · hP ,

(4)

where SAC is the calculated mesh surface area, P is the perimeter and hP is the mean optical
thickness at the perimeter. Once the cellular SA is calculated, the sphericity of the erythrocyte
can also be derived, as follows [36]:
Sphericity = 4.84

V 2/3
,
SA

(5)

where V is the volume of the cell. The sphericity measure is crucial since it gives an indication
for the ability of the RBCs to deform and squeeze through thin capillaries [36]. Finally, the
MCHC is calculated by averaging C per cell, and MCH derived by integration. Abnormal values
of MCH and MCHC may indicate on various medical conditions such as anemia.
3.

Results

As a proof-of-concept demonstration of our high-throughput capabilities, a cytometric flow setup
was introduced to the system. RBC sample was extracted from a human donor, followed by
dilution in PBS at a rate of 1:250. The diluted blood was inserted into a syringe connected to

Research Article

Vol. 11, No. 11 / 1 November 2020 / Biomedical Optics Express

6654

a microfluidic channel (Ibidi, µ-Slide VI 0.1), the center of which placed at the sample plane
of the imaging system. Pressure applied to the syringe piston was used in order to control the
flow of cells through the channel and across the imaging FOV. The actual exposure time per
frame was 0.98 ms and the effective point spread function of the imaging system was 0.56 µm,
corresponding to a maximal possible flow velocity of 0.57 mm/s, to avoid smearing of cells
during flow. A total of 101 cells were singled out from the data for validation of the imaging
technique. For each cell, the OPD map was extracted for each wavelength separately and the
cellular parameters of the cells were then calculated. Equations (2) and (3) were solved by
MATLAB conventional interior-point nonlinear optimization. Statistical data is then calculated
for all 101 cells to dynamically extract MCV, sphericity, MCHC and MCH values.
Visualization 1 shows the dynamic cell flow in the multiplexed off-axis hologram and the three
extracted dynamic quantitative phase maps at the three wavelength channels. Additionally, the
calculated thickness maps of the three recently analyzed cells are shown at the bottom, and are
updated dynamically. It should be noted that within the framework of this proof-of-concept study,
only discocytes were chosen. However, the method can be applied to any shape of erythrocyte.
The MCV of all 101 cells was 83.8 ± 12.6 fl, which is closely within the healthy physiological
range of 80-94fl [37]. The measured values of MCHC and MCH were 34.3 ± 0.90 g/dl and
28.8 ± 4.5 pg, respectively, both of which are closely within conventional normal range of 32-36
g/dl and 27-31 pg, respectively [37]. MCV, MCH and MCHC histograms are shown in Fig. 3.
Solid black graphs are the data fits to normal distributions.

Fig. 3. Dynamically measured cytological values for RBCs during flow cytometry. (a) volume, (b) Hb concentration. (c) Hb contents. Bars represent histogram counts and solid black
graph indicates the fit to normal distribution.

Volume histogram and MCV values are dynamically updated on the left bottom corner of
Visualization 1, where each cell analyzed adds its value to the histogram. SA and sphericity
measures were 124.4 ± 23.4 µm2 and 0.76 ± 0.08, respectively. Sphericity index is further
analyzed in Fig. 4. The correlation between the sphericity and cellular volume illustrated in
Fig. 4(a) shows that cells with greater volume tend to have a smaller sphericity index and their
surface have larger gradients, limiting the cell ability to squeeze through narrow blood vessels.
This can also be seen from Figs. 4(b) and 4(c), where cross-sections of three cells with distinctive
sphericity values are drawn. This is with agreement to previous studies [6,36], but here we
perform it dynamically on flowing cells using our three wavelength system. The correlation
between the volume of the cells and their respective surface areas is shown in Fig. 4(d). The
crimson solid and dashed lines depict this correlation according to Eq. (5), with mean sphericity
index of 0.76 ± 0.08. The solid blue line marks the correlation of a perfect sphere volume and
surface area, as reference.
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Fig. 4. Erythocytic sphericity analysis of 101 dynamically flowing cells. (a) Correlation of
sphericity measure and cellular volume, quadrated by mean values. The number of cells is
indicated per quadrant. (b) Sphericity measure histogram. Gray bars represent histogram
values. Solid black line represents Gaussian fit. (c) Cross-sections of three instances of the
individual cells indicated by orange, red and blue dots in (b). (d) Correlation of cellular
volume and surface area with mean theoretical value and standard deviation boundaries
marked by crimson solid and dashed lines, respectively. Solid blue line marks the correlation
of a perfect sphere volume and surface area.

4.

Discussion and summary

The study presented here describes dynamic quantitative cellular imaging using cross-talk free
three wavelength off-axis holography, allowing dynamic acquisition of various measures of cells
during flow based on their spectroscopic quantitative phase maps. In contrast to the Bayer-mosaic
camera used in previous work [8], we used a monochrome sensor with spatial multiplexing of
holograms, which is cross-talk free spectrally and superior in terms of field of view and resolution.
Our system also provides wavelengths selection flexibility regardless of the digital camera. We
used 473 nm, 532 nm and 633 nm partially coherent sources, but with a different selection of
dichroic mirrors, the lasers can be easily replaced to match a different set of wavelengths as
necessary. The introduction of diffraction gratings also allows for an improvement in design
flexibility, as even spectrally-broader illumination sources may be chosen, allowing off-axis
interferences on the entire camera sensor area. Moreover, the proposed imaging system is
not limited to three wavelengths, as, in contrast to Ref. [8], the modular design enables more
wavelength channels to be inserted by adding a pair of dichroic mirrors and grating, where up
to six channels can be multiplexed using the same principle without loss of spatial bandwidth
[38,39].
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As demonstrated in this feasibility study, the presented system is capable of imaging dynamically
flowing RBCs, with velocities over 0.5 mm/s and a FOV width of ∼200 µm. The transition
from stationary to dynamic holographic imaging in multi-wavelength holography holds a great
value for label-free imaging flow cytometry, as it enables processing a high number of cells
[40–42], but it can also be used to increase the throughput for imaging stationary cells. This
work demonstrated a proof-of-concept for 101 cells in imaging flow cytometry. However, the
throughput can be further increased in the future by using faster flow rate and faster sensors,
without changing the proposed optical module basic design, potentially reaching hundreds or
thousands of cells per second. If the processing is still needed in real-time, stronger parallel
computing capabilities are needed, such as using the computer graphic processing unit (GPU).
The simultaneous acquisition of data with three wavelengths increases the robustness of
cytological analyses, where they can now be based on three independent measurements of the
same sample, supporting each other for better assessment of these parameters. It should be noted
that while MCV, MCHC, MCH and sphericity index are indeed valuable cellular parameters,
we have only used them to demonstrate the immediate advantages of the system for blood
analysis. However, there are numerous more applications for cytometry that can benefit from the
proposed spectroscopic holography approach, including cancer diagnosis and monitoring [14].
Furthermore, another rising field where the spectroscopic IPM is expected to be very useful for
is the incorporation of artificial intelligence (AI) for label-free classification of cells [42,43],
where the simultaneous spectroscopic acquisition of IPM data can be translated into robust
multi-layered neural networks performing the classification. In this case, various quantitative
spectroscopic features can be extracted for the rapidly flowing cells, increasing classification
success and the overall performance of such techniques.
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