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Abstract: Wide-field fluorescent microscopy (WFFM) is widely employed in biomedical studies,
due to its inherent advantages in high-speed imaging of biological dynamics noninvasively and
specifically. However, WFFM suffers from the loss of axial resolution and the poor resistance
to light scattering in deep tissue imaging. Here we propose a novel WFFM which has the
capability in optical sectioning and volumetric imaging. We perform speckle illumination with
a digital-micromirror-device for optical sectioning and employ an electrically tunable lens for
defocusing modulation so as to quickly switch the image planes. We demonstrate its applications
in multi-plane, wide-field imaging of biological dynamics in both zebrafish brains and mouse
brains in vivo.

© 2019 Optical Society of America under the terms of the OSA Open Access Publishing Agreement

1. Introduction

Large-scale imaging of biological dynamics, at high spatio-temporal resolutions over extended
three-dimensional (3D) volumes, is highly desired in biomedical studies, especially in the
study of system biology. Due to its inherent high-speed recording capability and effective cost,
wide-field fluorescent microscopy (WFFM) is generally employed [1–3]. However, WFFM
suffers from background fluorescence, due to the non-localized excitation and light-scattering
induced crosstalk. The background further leads to poor contrast and the loss of optical sectioning
capability [4].
So far, several methods have been proposed to achieve wide-field optical sectioning [5–7],

except for point scanning based optical sectioning microscopy (such as confocal microscopy
and multiphoton microscopy). Neil et al firstly proposed a structured illumination based optical
sectioning microscopy (SIM). In this method, three images, recorded at different grid positions
with each being laterally translated by a third of the grid period, are computationally combined
to calculate an optically sectioned image [7]. However, SIM is highly susceptible to sample
motions [8]. To address this problem, HiLo microscopy was proposed (“Hi” and “Lo” for the
high and low spatial frequency components, respectively) [8–10]. In HiLo microscopy, only two
images were required to achieve optical-sectioning: one for structured-illumination image; the
other one for conventional uniform-illumination image. Combining these two images will allow
us to recover the optical sectioning image at full frequency bandwidth. Generally, structured
illumination can be performed by the interference of coherent light beams [11–12], or by placing
a mask, grating or digital-micromirror-device (DMD) on the image plane of the sample [13–16].
Specifically, DMD is a fast, bi-stable spatial light modulator consisting of an array of movable
micro-mirrors, where each micro-mirror can be individually rotated± 12 degree, corresponding
to an “on” or “off” state during the illumination.
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Once one achieves optical sectioning, multi-plane imaging is possible. To record biological
dynamics over extended three-dimensional volumes in optical-sectioning imaging, fast axial
scanning should also be performed. Conventionally, axial scanning is achieved by mechanical
moving the objectives or the biological samples, whose maximal speed would suffer from the
inertia. Recently, an axial scanning method based on the electrically tunable lenses (ETL) was
proposed. Modulating defocusing with the ETL enables fast axial scanning with no perturbation
of the samples, and thus allows high-speed volumetric imaging. Recently, a variety of point-
scanning microscopy techniques, such as confocal microscopy [17,18] and two photon microscopy
[19], have integrated ETL for multi-plane imaging. For wide-field imaging of optical-sectioning
capability, such as SIM [20], adopting an ETL would also enable 3D imaging without mechanical
scanning. However, no HiLo microscopy integrated with ETL for in vivo high-speed volumetric
imaging has been demonstrated yet.
Here we propose a new multi-plane, wide-field fluorescence microscopy for recording

biodynamics in vivo, based on speckle illumination for optical sectioning and defocusing
modulation for volumetric imaging. We employ a DMD, which is conjugated to the sample plane,
as a speckle generator, and an ETL for defocusing modulation which enables rapid switching of
focal planes. To demonstrate the superior performance of our technique, we first calibrate the
optical resolution and field-of-view (FOV), then apply it in multi-plane, wide-field imaging of
vascular dilations and neural network activity in vivo.

2. The optical sectioning in HiLo microscopy

The basics of HiLo microscopy was described in detail by Lim and Mertz [8–10], which is
based on the “double-acquisition” mode. A uniformly illuminated image is used to extract the
in-focus high-frequency components, and a speckle-illuminated image is used to extract the
in-focus low-frequency components. The corresponding intensity distributions of the uniformly
illuminated and speckle images are denoted as Iu( ®ρ) and Is( ®ρ), respectively. The intensity
distributions of the in-focus high- and low- frequency images are referred as ILo( ®ρ), IHi( ®ρ), with
the 2D spatial coordinate ®ρ. The high-frequency components attenuate more rapidly than the
lower-frequency components with the increasing of the defocus range [21]. Thus, we can get the
in-focus high-frequency components by applying the high-pass filter on the uniformly-illuminated
image:

IHi(
−→ρ ) = HP[Iu(

−→ρ )] (1)

whereby HP denotes a Gaussian high-pass filter with the cutoff frequency Kc applied in the
frequency domain.
To obtain the in-focus low-frequency components, we need to estimate the contrast of

speckle-illuminated image:
Cs(
−→ρ ) = σ[Is(

−→ρ )] (2)

where σ is the standard deviation of the imaged fluorescence variations.
In practice, mostly samples are non-uniform. The overall spatial contrast Cs( ®ρ) is both

influenced by the speckle pattern in the illumination and the sample-induced noise. We can use
the difference image:

Id(
−→ρ ) = Iu(

−→ρ ) − Is(
−→ρ ) (3)

for contrast calculation. Through this way, the contrast induced by the non-uniform sample can
be removed.
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Now we can estimate the illumination induced contrast by:

C(−→ρ ) = σ[Id(
−→ρ )] (4)

Furthermore, we can apply a band-pass filter:

BP(
−→
k ) = exp(−

|k2 |
2σ2

s
) − exp(−

|k2 |
σ2

s
) (5)

on the difference image to increase the axial resolution [10] before evaluating the C( ®ρ). The
in-focus low-frequency components are then constructed by applying a low-pass filter (LP) to the
weighted uniformly-illuminated image, obtaining:

ILo(
−→ρ ) = LP[C(−→ρ )Iu(

−→ρ )] (6)

By adjusting the width of this band-pass filter, we can tune the optical sectioning strength of
low-frequency components. In order to adjust the optical sectioning strength of the high-frequency
components, the cut-off frequency of the Gaussian high-pass filter is tuned by setting Kc= 0.18
δs [10], based on the Stokseth approximation [22] of 3D optical-transfer-function in wide-field
microscope.
The final optical-sectioning image is synthesized from the fusion of the above two images,

resulting in:
IHiLo(

−→ρ ) = IHi(
−→ρ ) + ηILo(

−→ρ ) (7)

where η is a scaling factor that ensures a seamless transition at full frequency bandwidth.

3. Experimental setup and system calibration

The diagram of the experimental setup is shown in Fig. 1(a). We use a LED light (120LED,
X-Cite) as the illumination source. In this experiment, we use a speckle image to extract
the in-focus low-frequency components. Speckle is generated by displaying a random binary
pattern onto a DMD (DLP9500, TI), from which a uniform illumination can also be achieved
by presenting a flat mirror pattern. To make the system compact, we employ a total internal
reflection (TIR) prism to separate the illumination and projection paths [23]. After TIR, the
generated non-uniform or uniform light passes through the two sets of relay: one consists of
L1 (AC508-100-A, Thorlabs) and L2 (AC508-300-A, Thorlabs); the other one consists of L3
(AC508-180-A, Thorlabs) and “ETL-objective” set. By placing the tunable lens in a plane
conjugate to the back pupil plane, the system can maintain constant magnification and resolution
in the process of adjusting ETL. Since the back pupil is mostly inside of the objective, to access
the back-pupil plane, one needs to relay the back pupil plane out. To simplify the system, we
directly place the ETL (EL-C-10-30-VIS-LD, Optotune AG, Switzerland) before the objective, as
in [24]. The aperture diameter of ETL is 10 mm. In order to avoid light blocking by the objective,
the aperture size of the objective and ETL must match. Thus we choose the CFI Plan Fluor
20×/0.5 (Nikon) objective and the XLPLN25XWMP2, 25×/1.05 (Olympus) objective, both with
the aperture diameter of 10 mm. The former one is used for system calibration and investigating
the vascular dilations in mouse cerebral cortex in vivo. The latter one is used for calcium imaging
of zebrafish brain in vivo, which ensures a higher fluorescence collection efficiency.
In order to maintain a large FOV, instead of using standard f= 200 mm tube lens, we use L4

(f= 100 mm, AC508-100-A, Thorlabs) as the tube lens. In theory, the 20× objective is working
at 10× magnification (∼ 9× through experimental calibration). A sCMOS camera (2160×2560
pixels, pixel size: 6.5 µm, Zyla 5.5 sCMOS, Oxford Instruments) is used for image recording.
According to Rayleigh criterion, the laterally optical resolution is 628 nm (λex = 515 nm,

NA= 0.5). Since the objective is working at 9× magnification, the size of each pixel (6.5 µm)
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Fig. 1. Optical setup and the calibration results. (a) Experimental setup. The light from
a light-emitting-diode (LED) is delivered to the digital-micromirror-device (DMD) with
a total internal reflection prism (TIR). The binary pattern on the DMD is projected onto
the sample plane through two sets of relay lenses, one consists of L1 (f= 100mm) and
L2 (f= 300mm); the other one consists of L3 (f= 180mm) and “electrically tunable lens
(ETL)-objective (OBJ)” set. Fluorescence signals from the specimen is collected by the
objective, reflected by the dichroic mirror (DM), and imaged onto the sCMOS camera by L4
(f= 100mm). (b) Lateral point-spread function (PSF) determined with 0.5 µm fluorescent
beads. The measured FWHM is 1.49 µm. (c) Axial PSF determined with a fluorescent sheet.
The measured FWHM is 6.4 µm. (d) Field-of-view measured from a specific test target:
1.56mm × 1.83mm. (e) The relative field-of-view change versus the applied current.

corresponds to 0.72 µm at the sample plane. According to Nyquist sampling theorem, the camera
limited lateral resolution is 1.44 µm. To calibrate the lateral resolution experimentally, we use
sub-resolution fluorescent beads (0.5 µm) as the sample. The lateral full-width-at-half-maximum
(FWHM) is 1.49 µm (fitted to a Gaussian function, Fig. 1(b)), suggesting that the lateral resolution
of our system is mainly limited by the pixel size of the imaging sensor.
The optical-sectioning capability of HiLo microscopy can be calculated as:

FWHMaxial =
0.54

KS × NA
(8)

where Ks=1/(2 ∆s), ∆s is the size of speckle grains on the sample plane [25]. Since the FWHM of
lateral PSF determined with the sub-resolution beads is 1.49 µm, the smallest size of the speckle
grains we can choose is 1.49 µm, which corresponds to the axial resolution of 3.2 µm. Even though
larger speckle grains correspond to higher contrast, considering the fluorescence background
is very intense, the speckle size we choose is 2.98 µm. This speckle size corresponds to axial
resolution of 6.4 µm. To test the optical-sectioning capability of our microscopy experimentally,
image stacks of FITC layers are recorded. Fluorescence intensity is averaged over the whole FOV
and plotted along z positions. In Fig. 1(c), raw data are displayed as black dots, and fitting data
are displayed in red line, from which the axial FWHM is 6.4 µm (fitted to a Gaussian function),
same as the FHWM calculated from Eq. (8). Considering that the size of each neural soma is
∼10 µm [26], we expect that, our system would be able to image cellular or even subcellular
structures.
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To measure the FOV of our system, we use a resolution test target (R2L2S1P1, Thorlabs) as
the ground truth. The frequency of the specific test target is 2 cycles/mm, thus the diameter of
the measured FOV is 1.83 mm. Considering the size of the sCMOS camera used in our setup, we
can record biodynamics in the range of 1.56 mm×1.83 mm (Fig. 1(d)). By adjusting the current
of the ETL to focus at different depths, we measure the relative FOV diameter displacement and
find that it varies from 67.87 µm to −176.5 µm (Fig. 1(e)). This suggests that we can observe
large-scale dynamics at different planes with stable FOVs, and the lateral shift will not affect the
registration of features between different planes apparently.
Moreover, we calibrate the axial displacements versus applied currents. We use 3 µm

fluorescent beads diluted in 1% agarose as the specimen. Due to the stretching of the axial
PSF, there is about 3 µm errors when we perform focusing. We could further reduce the error
by using smaller beads. In order to obtain the displacement of focus position, we firstly move
the beads into sharp focusing through driving the motorized stage, then change the applying
current, followed by re-focusing the beads through moving the motorized stage. The result is
depicted in Fig. 2(a). The axial position of focal plane varies from 204 µm to −494 µm, thus a
total defocus range of 698 µm is covered. According to Fig. 2(a), the axial displacement function
shows hysteresis behavior. However, this phenomenon will not affect multi-plane imaging, as
observed in following experiments.

Fig. 2. The calibration of axial positions at specific currents of ETL and the signal
synchronization for image acquisition. (a) The axial displacement versus applied current
of the ETL. The blue arrow indicates the direction of rising current (from 0 to 292mA), and
the yellow arrow indicates the direction of decreasing current (from 292 to 0mA). (b) The
signal synchronization for image acquisition.

To perform multi-plane, optical-sectioning imaging, we synchronize the DMD, ETL, and
camera with a data acquisition card (USB-6363, National Instruments Corporation). Both the
DMD and the camera are trigged by the rising edge of the control signal. The DMD alternates
the patterns for uniform illumination and speckle illumination when a rising edge comes, and
the camera starts an exposure event when a rising edge comes. For ETL, the input control
voltage varies from 0 to 5 V, corresponding to the preset minimum axial position and preset
maximum axial position, respectively. For example, in dual-plane imaging, we divide one
cycle into the acquisition of four images, as describes in Fig. 2(b). Image 1 and 2 represent
the uniformly-illuminated images at the top plane and the bottom plane, respectively. Image 3
and 4 represent the speckle-illuminated images at bottom plane and the top plane, respectively.
Similarly, we can perform three-plane imaging and so on.

4. Experimental results

All procedures involving animals were approved by the Animal Care and Use Committees of
Tsinghua University.
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4.1. Dual-plane imaging of vascular dilations in mouse cerebral cortex in vivo

To demonstrate the advantages of our system in large-scale imaging of biodynamics at high
spatio-temporal resolution, we firstly perform dual-plane imaging of vascular dilations in mouse
cerebral cortex in vivo. We use adult C57BL/6 mice and perform craniotomy for chronic imaging.
After one month, we inject FITC (70,000 MW, Sigma Aldrich) into the blood vessels [27] (2%
w/v in saline, 200 mg/ kg) for staining the blood plasma, an indirect way to label the vascular
system, when the mice are under anesthesia. The imaging is performed when the mice are awake
and head-restrained under the microscope objective.

Using the synchronization strategy mentioned above, we perform alternate dual-plane imaging
of FITC-stained blood vessels at 5 Hz (Fig. 3, Visualization 1). The axial interval between
the two plane is 45 µm. In Fig. 3(a) and Fig. 3(c), we show the uniformly-illuminated images
of the top plane and the bottom plane, respectively, as acquired with conventional WFFM. In
Fig. 3(b) and Fig. 3(d), we show the corresponding optical-sectioning images, acquired in the
HiLo mode. The vessel marked with green arrows (Fig. 3(a)–(d)) is maintained in-focus at the
top plane (Fig. 3(a) and (b)), while is out-of-focus at the bottom plane (Fig. 3(c) and (d)). The
out-of-focus vessel shows as blurred information in the uniformly-illuminated image (Fig. 3(c)),
which diminishes contrast largely. Using our optical-sectioning method, this blurred information
is removed (Fig. 3(d)). It suggests that our method can get rid of out-of-focus information while
keeping in-focus information.

Fig. 3. Dual-plane imaging of vascular dilations in mouse cerebral cortex in vivo. (a,
b) Uniformly-illuminated image and optical-sectioning image of the top plane, respectively.
(c, d) Uniformly-illuminated image and optical-sectioning image of the bottom plane (45 µm
deeper), respectively. The insert shows the detail spatial morphology of blood vessels. (e)
Dilations relative to the average diameters of blood vessels at the top and bottom planes (see
also Visualization 1).

https://doi.org/10.6084/m9.figshare.9604859
https://doi.org/10.6084/m9.figshare.9604859
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Besides, we can observe the dilations of blood vessels [28,29] at both the top plane (red curves)
and the bottom plane (blue curves) alternately (Fig. 3(e)), whose region-of-interests (ROIs) are
shown in the red-dashed box of Fig. 3(b) and Fig. 3(d), respectively. The capability in large-scale
volumetric imaging of vascular dilations provides a potential means to study neurovascular
coupling in vivo.

4.2. Three-plane calcium imaging of Zebrafish brain in vivo

To demonstrate the capacity of our system in functional imaging in vivo, we perform calcium
imaging in zebrafish brains. We use Tg (HUC:H2B-GCaMP6f) zebrafish at 5–7 days’ post
fertilization. To fix the zebrafish larvae, we embed them in 1% agarose.

We perform three-plane imaging of calcium dynamics in the HiLo mode in awake zebrafishes
expressing GCaMP6f (Fig. 4, Visualization 2). In order to ensure decent signal-to-noise ratio, we
set the exposure time for each acquisition event as 100 ms, corresponding to a frame rate of 1.6
Hz limited by the illumination power. As expected, conventional uniformly-illuminated images
[Fig. 4(a), Fig. 4(c) and Fig. 4(e)] suffer from background fluorescence, whereas optical-sectioning
imaging achieve images of much higher contrast (Fig. 4(b), Fig. 4(d) and Fig. 4(f)).

Fig. 4. Three-plane calcium imaging of zebrafish brain in vivo. (a, c, and e) Uniformly-
illuminated images of the top, middle, and bottom planes, respectively. (b, d, and f)
Optical-sectioning images of the corresponding planes as in a, c, and e. The inserts in (a) and
(b) show the ROI in the top plane for further discussion in Fig. 5. The axial scanning range
is 105 µm, with the interval between each plane being 52.5 µm (see also Visualization 2).

To trace calcium signals of single neurons, we firstly perform motion correction, then extract
calcium signals based on the extended constrained non-negative matrix factorization method [30].
To show the optical sectioning capability and its robustness to scattering-induced cross-talk in
calcium imaging, we compare fluorescence variations (∆F/F) of the calcium indicator measured
from selected ROIs in the uniformly-illuminated (insert i in Fig. 4(a)) and HiLo (insert ii in
Fig. 4(b)) modes [31]. Considering that the raw ∆F/F in uniformly-illuminated mode is too

https://doi.org/10.6084/m9.figshare.9605039
https://doi.org/10.6084/m9.figshare.9605039
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low, we enlarge it by a factor of 5 (Fig. 5(a), black curve). Figure 5 shows the increased ∆F/F
amplitudes in the HiLo mode, where HiLo mode leads to a gain of ∆F/F by a factor of more than
5 compared to that in conventional uniformly-illuminated microscopy. The much lower ∆F/F in
uniformly-illuminated mode indicates that out-of-focus fluorescence contributes to the baseline
fluorescence intensity (F) and lowers the amplitude of ∆F/F from single neurons. Moreover, it
should be noted that there are fluorescence peaks which show up in the uniformly-illuminated
mode but not in the HiLo mode (pointed out by arrows in Fig. 5(a) as examples), suggesting that
background fluorescence in uniformly-illuminated mode may introduce artifacts.

Fig. 5. Calcium tracing of neurons recorded in the uniformly-illuminated and optical-
sectioning modes, at the top plane. (a) Fluorescent intensity dynamics in both modes,
with the ROIs labeled in the inserts of Fig. 4 (a) and (b). The calcium tracing intensities
of uniformly-illuminated mode are enlarged by a factor of 5. Arrows indicate the artifacts
introduced by background fluorescence in the uniformly-illuminated mode. (b, c) The
histogram of the ∆F/F in the uniformly-illuminated and HiLo modes, respectively, at the
top plane.

We further investigate the distribution of maximal fluorescence variation [31] in the HiLo and
uniformly-illuminated modes of the whole top plane. The median number of calcium transients
in individual neurons of uniformly-illuminated mode is 2.9886, which is much smaller than
the value from the images obtained with HiLo mode (48.1463). Such a boost of fluorescence
variation detection reveals higher sensitivity of HiLo mode in identifying neural activity with
respect to that in the conventional observation.
In Fig. 6, we extract the calcium signal of HiLo images in all three planes. Fluorescence

dynamics of ∼900 neurons are detected, and the estimated contours of each plane are shown in
Fig. 6(a-c). We present the calcium tracings of each plane in Fig. 6(d), Fig. 6(e) and Fig. 6(f). The
zoom-in view of calcium signals from 40 example neurons at each plane are shown in Fig. 6(h).
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Fig. 6. Calcium tracing of single neurons from HiLo images. (a-c) Estimated neuron
contours at the top, middle, and bottom planes of the optical-sectioning images. (d-f)
Calcium traces of single neurons at the top, middle, and bottom planes. (g) The histogram
of the correlation coefficients. (h) Calcium signals from 40 example neurons at each plane.

Furthermore, we investigate the correlations between pairs of neurons to study whether the
∆F/F detected from each neuron reflected its own activity or is overwhelmed by the background
[32]. If the ∆F/F detected from individual neurons mostly reflects the change in out-of-focus
fluorescence, correlations between pairs of neurons would be high. We therefore compute the
pair-wise correlation coefficients for the calcium traces between each pair of neurons, as shown in
Fig. 6(g). According to the distribution, more than 60% of correlation coefficients are < 0.2. This
indicates that most correlations between pairs of neurons show weak correlation, which further
means the ∆F/F detected from each neuron is not overwhelmed by the background fluorescence.

5. Conclusions

We propose a new multi-plane WFFM, capable of optical sectioning and volumetric imaging.
Based on the calibration results, we achieve axial optical sectioning of 6.4 µm, lateral resolution
of 1.49 µm over the FOV of 1.56 mm × 1.83 mm. To ensure a large FOV, the lateral resolution is
limited by under-sampling in current setup, but it’s acceptable considering the size of neural
soma is ∼10 µm.
Furthermore, we perform multiplane imaging of biodynamics in vivo to demonstrate the

superior performance of our system. We image the dilations of FITC-stained blood vessels at
different depths in mouse brains, and perform in vivo calcium imaging of zebrafish brains at three
different depths. The results show that our proposed method is more sensitive, and can get rid of
background fluorescence which may introduce artifacts as in conventional WFFM.
The highest frame rate we demonstrated is 5 Hz for dual-plane imaging of vascular dilations.

To achieve a higher frame rate, one can employ a higher NA objective to improve the fluorescence
collection efficiency, or properly increase the power of illumination light. In practice, the
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photodamage induced by too much excitation power is another concern. Considering the response
time of ETL is ∼10 ms and the valid exposure time for each image is ∼ 40 ms, we can further
reduce the exposure time by increasing the power of illumination light under a safe threshold.

We expect that our technique would find wide applications in 3D, biodynamic imaging in vivo.
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