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1.

Introduction

Cancer is one of the greatest modern health concerns, claiming the lives of more than half a
million Americans every year and currently accounting for one in four deaths in the United
States [1]. Therapeutic intervention for cancer often consists of surgical removal of the primary
tumor mass, radiation treatment, and molecular agents [2]. The effectiveness of so-called
‘molecular medicine’ is dependent on the ability to deliver these agents in optimal quantities to
the target cells; hence, a thorough understanding of the physical characteristics of the tumor
microenvironment and the morphology of the tumor are required to improve treatment [2].
Of particular importance in the study of tumor pathophysiology is the role the host
microenvironment and tumor vasculature play in tumor progression and metastasis. The growth
of a tumor is enabled by the process of angiogenesis, i.e. the formation of new blood vessels, and
the vasculature resulting from angiogenesis has been shown to be highly irregular in terms of
organization, structure, and function; further, the abnormality of the tumor vasculature leads to
heterogeneous blood flow, high interstitial fluid pressures, hypoxia, and acidosis [3]. These
conditions interfere with adequate drug delivery and anti-tumor treatments [4]. Progress in the
study of tumor vasculature has been accelerated by multiphoton microscopy (MPM), an
intrinsically three-dimensional imaging technique that utilizes nonlinear excitation to generate
fluorescence from biological tissues [5]. MPM is particularly well suited to biological imaging,
compared to conventional and confocal fluorescence microscopy, due to its relatively large
penetration depths in tissue samples and lower risk of phototoxicity and photobleaching [6-8].
Not only has MPM been effective in studying various aspects of tumor biology, including gene
expression, angiogenesis quantification, and cell population tracking [9], it has also been
successfully utilized in fields as diverse as neuroscience [10-12], immunology [13-15], and
embryology [16, 17].
The applications of MPM have been expanded over the last decade by the development of new
technologies for rapid image acquisition. Various instrumental designs have been implemented
to allow the acquisition of microscopic images in real-time. The use of multiphoton microscopes
with video-rate capability enables the observation and quantification of dynamic events in
biological research. This report will describe the development of a video-rate laser scanning
multiphoton microscope and its application to studying the tumor vasculature and blood flow of
mouse tumor models with transparent windows for orthotopic brain tumor imaging.

2.

Background

2.1

Principles of Multiphoton Excitation Fluorescence

Multiphoton excitation is a quantum mechanical interaction between light and matter [18]. It
involves the nearly simultaneous absorption of two or more photons by a single molecule to
cause an energy transition equal to that of a single higher energy photon [6]. For two-photon (2P)
excitation to occur, the photons must arrive at the molecule within 10-16 seconds, as dictated by
the Heisenberg uncertainty principle [19]

(1)

where ωi is the transition frequency and ω0 is the electronic ground state frequency.
Briefly, fluorescence is initiated by the absorption of photons by a molecule, called the
fluorophore or choromophore, which raises an electron of the molecule to a higher vibrational
and electronic energy level, or excited state. A relatively quick transition (on the picoseconds
scale) [20] from the excited vibronic state to the ground vibronic state, called internal
conversion, occurs via heat dissipation from collisions with neighboring molecules [21]. From
the lowest vibronic level of the excited electronic state, the electron relaxes back to the ground
state by emission of a photon, the source of fluorescence. The loss of energy due to internal
conversion in the one-photon (1P) case leads to Stokes’ Law, which states that the fluorescence
emission will be of lower energy than the excitation light. The difference in wavelength, called
the Stokes’ Shift [21], is dependent on the fluorophore. In the 2P case, Stokes’ Law does not
apply because the excitation light has a longer wavelength than the fluorescence emission and
will display a much greater wavelength difference. The emission spectra for 1P and multiphoton
excitation fluorescence, though, are the same since the de-excitation pathways are independent of
the excitation process [20]. On the other hand, absorption spectra are often quite different. The
combination of different momenta in the 2P case relaxes quantum mechanical selection rules in
comparison to 1P excitation and often broadens and/or blue-shifts the absorption spectra [21,
22]. In general, though, the peak absorption of 2P excitation occurs at approximately twice the
wavelength of 1P excitation for a given fluorophore [23].
In 2P excitation, the probability that two photons are absorbed is the square of the probability
that a single photon will be absorbed [21], and hence the intensity of 2P excitation fluorescence
depends on the square of the incident intensity [18],
(2)

where δ is the 2P absorption cross-section. This second order dependence differs from the 1P
phenomenon in which the resulting fluorescence is linearly proportional to the excitation
intensity. Because the intensity of a focused beam falls off quadratically along the optical axis
with distance from the focal plane, the 2P fluorescence intensity decreases as the fourth power of
distance from the focal plane [22]. Thus, 2P excitation fluorescence is essentially limited to the
focal plane, at best a sub-femtoliter volume, providing inherent optical sectioning [20, 24].
Multiphoton excitation requires not only high spatial localizations, best achieved via tight
focusing of the excitation beam with a relatively high numerical aperture objective, but high
temporal resolution as well. The unit of the 2P cross-section, a parameter that quantifies the
effectiveness of a fluorophore to undergo 2P excitation, is the Göppert-Mayer (GM). One GM
equals 10-50 cm4/s, and typical values for dyes and fluorescent labels used in imaging range from
1 to 300 GM [7]. Comparing these values with the cross-sections for 1P excitation, on the order
of 10-16 cm2 [25], demonstrates the relative inefficiency of two-photon excitation. Due to the
intrinsically low 2P cross-section, high photon fluxes, on the order of 1030 photons/cm2s, are
necessary to achieve excitation [22, 23]. To generate sufficient fluorescence intensity for
2

imaging, it is thus necessary to use an excitation source with high spatial and temporal
resolution. The fluorescence intensity for a continuous wave laser and pulsed laser, using a

Figure 1. Jabolonski diagram showing the excitation and fluorescence pathways for 1P and 2P excitation. (A) In 1P excitation
fluorescence, a single photon of near-UV excitation light is used to promote an electron from the ground state to an excited state,
and it decays back to the ground state via the emission of a fluorescent photon. Excitation and fluorescence occur nearly
throughout the volume of the cone defined by the numerical aperture of the objective. (B) In 2P excitation fluorescence, two
near-infrared photons are absorbed almost simultaneously, raising an electron to approximately the same excited state as in 1P
excitation. Decay occurs via fluorescence with the same wavelength as in the 1P case. Excitation is limited to a small
(~femtoliter) volume about the focal plane.

simplistic model of the pulse profile and the paraxial approximation, is given by
(3)

and
(4)
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respectively, where Pave is the time averaged excitation power, fp is the laser pulse frequency, τ is
the pulse duration, and NA is the numerical aperture of the objective lens [18]. Thus, the
fluorescence intensity using a pulsed excitation source is increased by a factor of (fpτ)-1 in
comparison to a continuous wave source, a phenomenon termed the ‘two-photon advantage’ [7].
For typical values of 100 fs pulses and a frequency of 80 MHz, this factor is approximately equal
to 105. For more realistic pulse profiles, the 2P advantage is less but still on the order of 104 – 105
[20]. Thus, a femtosecond pulsed laser can achieve a given fluorescence intensity produced by a
continuous wave laser with an average power 200 to 300 times lower [18, 26], an important
consideration for biological imaging.
2.2

Advantages of Multiphoton Fluorescence Excitation in Biological Imaging

To elucidate the benfits of using multiphoton excitation fluorescence in optical imaging, it is
important to understand the basic technique behind one-photon biological microscopy. In
conventional widefield epifluorescence microscopes, a sample is illuminated by a cone of light
from the objective lens that comes to a point at the focal plane. In this setup, the recorded image
will have unfocused contributions from other planes besides the focal plane [27], and thus
widefield microscopy is ill-suited for thick biological tissues and intravital imaging. Many
current biomedical studies rely on the confocal microscope, which utilizes one-photon
fluorescence. In a confocal microscope, a pinhole aperture is placed at the conjugate focal point
in front of the detector to block out-of-focus fluorescent light, thereby dramatically improving
axial resolution and allowing optical sectioning of a specimen [21]. Because the fluorescence
intensity at only one point can be recorded at any time, confocal microscopes require the raster
scanning of the excitation point across the specimen to build up a two- or three-dimensional
image, usually using two orthogonal galvanometric mirrors [21]. Due to its high resolution and
optical sectioning capability, confocal microscopy has become the standard for the study of
biological behavior at the cellular level [28, 29].
Multiphoton microscopy is generally seen as an improvement on one-photon techniques, with
notable advantages over confocal microscopy [5, 10, 16]. Its suitability for biological imaging
and, particularly intravital imaging, is due to the inherently tight fluorescence localization and
the use of near-infrared excitation light, which will be discussed below.
First, the localization of two-photon excitation to a femtoliter size volume restricts
photobleaching and photodamage to this region, resulting in a drastic overall reduction in both
throughout the rest of the tissue [26]. The decrease in tissue phototoxicity leads to improved cell
viability, which has been convincingly demonstrated in the longitudinal study of mammalian
embryos with MPM that was impossible with confocal microscopy [16]. Additionally, the
inherent optical sectioning of multiphoton excitation gives it a better signal-to-background ratio
and deeper penetrating depths as compared to confocal microscopy [9]. Background noise is
lowered because all fluorescent photons originate from the focal plane, eliminating out-of-focus
fluorescence that could degrade image quality [30]. Also, the pinhole aperture of a confocal
microscope leads to the blocking of scattered fluorescent photons [10]. As the mean free path of
light in the visible range is between 10-100 μm [31], a high proportion of the fluorescence
generated at depths greater than several tens of micrometers into a tissue sample will be scattered
and lost at the confocal aperture. Thus, the confocal microscope is generally limited to
penetration depths less than 150 μm [32]. In multiphoton microscopy, scattered photons increase
4

signal as long as they remain within the solid angle defined by the numerical aperture of the
objective lens [33]. Given that scattering is the dominant factor in light attenuation in tissue and
that most tissues exhibit high anisotropic parameters (i.e. forward directed scattering) [31], the
increase in penetration depth, up to 1 mm for certain tissues, is substantial [34].
The use of near infrared (NIR) as opposed to ultraviolet (UV) light for fluorescence excitation
has several additional benefits. The lower energy of the excitation light reduces phototoxicity
and, along with fluorescence localization, makes multiphoton excitation comparatively benign
[16]. For two reasons, the redder excitation light is able to penetrate farther into tissue. First, the
dominant absorbers of light in tissue, including water in the infrared region and hemoglobin in
the visible region, have substantially lower combined total absorption in the NIR spectral region
[26, 35]. Thus, wavelengths between 700 to 1000 nm, referred to as the ‘therapeutic’ or ‘optical
window’, are particularly well-suited for optical imaging [31, 35]. Second, though biological
tissue does not strictly follow Rayleigh scattering [36], scattering does demonstrate an inverse
dependence on wavelength, allowing greater fluorescence generation using multiphoton
excitation [6, 26]. Detection efficiency is increased in MPM because there is no spectral overlap
of the excitation and emission wavelengths for a given fluorophore, so detection filters may be
used that permit the collection of all emission wavelengths [26]. Finally, with the broader
excitation spectra for most two-photon fluorophores and relatively large spectral bandwidth of
pulsed lasers [7, 21], multiple fluorophores can be imaged simultaneously with a single laser [7].
In addition to these advantages, the resolution of MPM has been shown to be comparable to
confocal microscopy. The diffraction limit for optical imaging, using the Rayleigh criterion,
imposes a best-case lateral and axial resolution given by
(5)

and
(6)

respectively, where λo is the wavelength of light in a vacuum, η is the refractive index of the
object medium, and NAobj is the numerical aperture of the objective lens [37]. The numerical
aperture is defined as
(7)

where α is the half-angle of the cone of light that can be collected (or equivalently, emitted) by
the objective [37]. A more realistic and widely utilized theoretical description of the resolution is
given by the full width at half maximum (FWHM) of the intensity point spread function (PSF).
The equation for finding the PSF is, in general, expressed using dimensionless, normalized
optical units (ou) for the distance from the optical axis
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(8)

and distance from the in-focus plane
(9)

where r and z are the distances from the optical axis and in-focus plane, respectively, in meters
and k is the vacuum wave number [38]. The PSF is then
(10)

where J0 is the zeroth-order Bessel function and the paraxial approximation, i.e. small angular
deviations of the light ray from the optical axis, is assumed (valid for sin(θ) < 0.8) [26, 38]. For
2P excitation, the PSF is the square of the expression from (9), and the optical units are half their
1P values; hence, the PSF is I2(u/2, v/2) [26]. For an ideal confocal aperture, the resolution of 2P
microscopy is worse than confocal microscopy by approximately a factor of 2, as expected from
the Rayleigh criterion. However, for realistic aperture sizes, the resolutions are nearly equal [20].
Thus, though the increased wavelengths employed in MPM would, at first glance, seem to
decrease resolution, for practical purposes MPM resolution is on par with confocal microscopy.
To summarize, multiphoton excitation provides similar or better image quality as seen in
confocal microscopy and has three major advantages for biological imaging: 1) the reduction of
photodamage and photoxicity, 2) greater penetration depths, and 3) the simultaneous imaging of
multiple fluorophores.
2.3

Development Leading to Video-Rate Multiphoton Microscopy

2.3.1

History of Multiphoton Laser-Scanning Microscopy

The advent of nonlinear optics was the theoretical prediction of multiphoton absorption by Maria
Göppert-Mayer in her doctoral thesis dissertation in 1931 [39]. Thirty years later, through
progress in laser technology, the phenomenon of two-photon excitation was observed for the first
time in CaF2:Eu2+ crystals [40]. The application of nonlinear light-matter interactions, in
particular second harmonic generation (SHG), to optical scanning microscopy was recognized by
C. J. R. Sheppard and his colleagues in the late 1970s. They used pulsed lasers to image the fine
structure of various crystals by sweeping a beam over the sample and detecting the resulting
SHG with cooled photomultiplier tubes (PMTs) [23, 41, 42].
Though Sheppard et al. proposed the extension of their second harmonic microscope to thick
biological specimens in 1978, the experimental demonstration of nonlinear biological
microscopy would not come for more than a decade thereafter. In 1990, Denk et al. described a
laser scanning microscope that utilized two-photon excitation fluorescence to generate images of
fluorescently labeled chromosomes in dividing cells [24]. This monumental advancement and the
6

following growth of the field was supported by advances in laser scanning technology and
especially in the commercialization of mode-locked lasers that generated high repetition,
femtosecond pulses of light with tunable wavelengths over a range 700 to 1000 nm [19, 20].
MPM technology advanced quickly over the ensuing decade, with approximately one half of all
publications in the field devoted primarily to the development of instrumentation and technique
[7]. The design for the two-photon laser scanning microscope was initially borrowed from the
well-established field of confocal microscopy and, in fact, many two-photon microscopes have
been adapted from commercial confocal systems [8, 10, 43-46]. A number of commercial twophoton microscopes have also been produced and successfully utilized for biological research [5,
17]; however, their expense, typically over $500k, has limited their proliferation [43, 45, 47].
2.3.2

The Need for Real-Time Imaging

As previously discussed, MPM has become an important tool in neuroscience, embryology,
immunology, and more recently cancer biology. For nearly a decade, however, MPM was
limited by its low temporal resolution, with typical frame rates of 1 s or longer [48]. Quickly
occurring biological events and dynamic processes required higher temporal resolution not
achieved by conventional multiphoton microscope configurations. Early efforts in real-time
imaging focused on neuronal [47, 49] and intracellular [48] signaling, leukocyte dynamics [15],
and the rapid acquisition of optical sections in three-dimensional volumes [50-52]. These initial
demonstrations of real-time MPM indicated its usefulness for the observation and quantification
of biological phenomena directly relevant to cancer biology, such as red blood cell flux, oxygen
perfusion of normal and cancerous tissues, and fast tracer kinetics modeling dynamic drug
distribution; indeed, the in vivo observation of cellular and subcellular components of blood
flowing through the vasculature [53] and the measurement of red blood cell velocity [54] has
been reported, albeit for demonstrative purposes only.
Recently, video-rate MPM has been used to study cancer metastases to bone marrow [55] and a
line-scanning approach for three-dimensional hemodynamic analysis has been demonstrated
[56]. However, the potential insights with the extension of real-time MPM to dynamic cancer
research abound, and to my knowledge this technology remains untapped in tumor biology.
2.3.3

Technological Advances Enabling Real-Time Imaging

Beginning in the late 1990s, researchers began developing two-photon microscopes that allowed
the video-rate, i.e. 30 frames per second, acquisition of images, thus enabling the observation
and study of quickly occurring biological events and dynamic processes. An early design
implemented for real-time imaging was bilateral scanning in which the excitation illumination
pattern is a line, not a point [57]. This technique is limited, though, by an inherent three to sixfold reduction in axial resolution [58], negating one of the chief advantages of MPM. A second
early approach was multifocal multiphoton microscopy (MMM), which uses a hexagonal array
of microlenses to split the beam into tens of foci and then scans them onto a sample via
7

orthogonally mounted mirrors [59] or by rotation of the array [50, 58, 60]. Because the detectors
used in this design are CCDs, it suffers depth limitation due to scattering and a reduction in axial
resolution due to crosstalk between adjacent foci [52, 59, 60]. Another method relies on the
acousto-optic deflector (AOD), a device that controls the deflection of a light beam as it passes
through an acousto-optic medium by adjusting the frequency of a planar sound wave emitted into
the medium. AOD scanning allows fast, discontinuous scanning patterns for random access
microscopy, but it is technologically complicated by the large pulse dispersion caused by the
acoustically generated diffraction grating leading to decreased efficiency of two-photon
excitation [61]. Salomé et al. devised a system using an acousto-optic modulator to compensate
for wavelength dispersion, demonstrating scanning at 1 kHz in observing calcium transients in
neuronal cells [62].
A different approach to video-rate imaging is to simply increase the frequency of the scanning
mirrors. In MPM, an early model was proposed by Tan et al. who used modified electronic
waveforms to overcome non-linearity in the mirror scanning introduced by mechanical inertia at
fast scanning speeds [49]. While achieving frame acquisition rates of 100 Hz, this system was
limited by its small field of view, on the order of a few tens of microns, and the complexity of
the scanning electronics signals. A different approach for fast mirror scanning utilizes a
polygonal mirror, which has approximately 50 contiguous facets placed around a spinning disk
capable of achieving 105 rpm. Raster scanning with single-point illumination using a polygonal
mirror and standard galvanometric mirror enables the acquisition of frames at 100 fps and allows
the use of non-spatially resolved detectors, increasing the axial resolution in comparison to
multifocal and line scanning techniques [51, 52]. A video-rate multiphoton microscope
employing a polygonal mirror was employed successfully for intravital imaging to compare
leukocyte fluxes in tumor-bearing and control mice models, with imaging depths up to 350 μm
reported [15].
A similarly powerful video-rate technology for deep intravital imaging, and the one presented in
this thesis, is based on the resonant galvanometer. A resonant galvanometer mirror is capable of
stable oscillation at a high frequency (~ 10 kHz) because it operates at its mechanical resonant
frequency. The major technical difficulty associated with the use of a resonant scanner is that the
sinusoidally varying velocity of the mirror results in distortion of the collected images. One
solution is to utilize only the portion of the scan in which the mirror velocity is nearly linear,
either by blocking the excitation light at the extremes of the scan [63] or by cropping the pixels
of the non-linear region after acquisition [47]. Another method is to employ camera pixel
sampling at non-linear time intervals [48]. Perhaps the most expedient approach, however, is to
multiply the acquired images by a distortion correction factor that narrows the pixel width of the
acquired images in the non-linear regions to offset the sinusoidally varying velocity [64]. This
technique does not require the period blocking of the excitation source and has the additional
benefit of allowing the full field of view to be analyzed so no fluorescence signal is wasted. In
addition, the longer pixel dwelling time at the edges of the horizontal scanning compensates
inherently lower intensity detection to provide more uniform signal throughout the image [65].
Both confocal [66] and multiphoton [67] video-rate microscopes have been custom-built
employing this correction factor approach, and the microscope presented here is based on this
method.
8

3.

Experimental Apparatus

A video-rate confocal microscope using a resonant galvanometer was presented in 1999 by Ian
Parker and his colleagues of the University of California at Irvine [63], and in 2001 the basic
design was extended to the construction of a video-rate multiphoton microscope [47]. In 2003,
the construction of a video-rate confocal microscope, borrowing from these previous designs,
was detailed by Ian Parker and Michael Sanderson of the University of Massachusetts Medical
School. Additionally, a filter for the real-time correction of the image distortion caused by the
resonant galvanometer was first presented [66]. The details of the distortion correction filter were
provided by Sanderson in a publication the following year [64]. The design of the microscope
presented here is based on these works, and its setup is detailed below.
3.1

Microscope Layout

The video-rate multiphoton microscope is built around a modified fixed stage upright research
microscope (BX51WI, Olympus). A side laser port allows entry of the excitation light. A
motorized x-y stage (H101A ProScan II, Prior Scientific, Rockland, MA) was mounted for
convenient and precise translations of the specimen, and a piezoelectric transducer (PZT)
objective drive unit (PIFOC P-723.10, Physik Instrumente, Auburn, MA), with a range of 350
μm and a minimum displacement of 3.33 nm, is used for precision control of the objective height
above the specimen, thereby allowing the automated adjustment of imaging depth. The camera
port is used to mount the cubes that hold the dichroic mirrors and support the detectors
(discussed below). The upright microscope and optical elements are mounted on a 4’ by 4’ by 8”
optical table (Technical Manufacturing Corp., Peabody, MA) while the laser is located on a
separate optical table.
The excitation light is provided by an 80 MHz, femtosecond pulsed Titanium:Sapphire laser,
tunable in wavelength from the red to near-infrared spectrum (approximately 700 to 1000 nm)
with a peak power output of approximately 2.50 Watts (Mai Tai, Spectra Physics, now Newport
Corp., Mountain View, CA). The laser beam is guided by a series of mirrors through an
adjustable neutral density (ND) filter (Newport Corp., Mountain View, CA). The ND filter
allows easy modulation of the beam power so that it may be increased or decreased as
necessitated by imaging depth and sample turbidity. An optical power meter (Newport Corp.,
Mountain View, CA) can be slid into place behind the ND filter to measure the power of the
beam after attenuation. The beam is then deflected up to the level of the upright microscope’s
laser port via a periscope, which steers the excitation light onto the scanning mirrors.
The beam is scanned by two orthogonally mounted galvanometer mirrors. The driver boards for
the mirrors as well as the circuits for generating the synchronization signals are housed within a
custom built scanning control box (Sutter Instrument Co., Novato, CA). The scanning control
electronics, as described by Sanderson and Parker [66], coordinate the movements of both
mirrors and the timing of the sync signals that allow the frame acquisition hardware to map the
pixel intensities. Vertical deflection is achieved with a standard galvanometer (M3S; GSI
Lumonics, Boston, MA) driven by a sawtooth waveform with a frequency of 30.95 (~ 30) or
61.89 (~ 60) Hz, thus providing frames at video-rate or twice as fast. Increasing the frame rate
comes at the expense of decreasing the number of lines per frame by a factor of two, decreasing
9

overall the field of view. The faster horizontal deflection is achieved with a resonant
galvanometer (Counter Rotating Scanning Mirror, CRS; GSI Lumonics, Boston, MA) that
oscillates at 7.895 kHz (~ 8 Hz) [64], thus completing one forward or backward sweep in
63.3 μs. The periods of the standard and resonant galvanometer dictate a nominal total of 512
lines per frame at 30 Hz and 256 lines per frame at 60 Hz. The scanning electronics drive the two

Figure 2. An Olympus upright, fixed-stage research microscope was adapted for intravital multiphoton fluorescence microscopy.
(A) The upright microscope is shielded from ambient light by an enclosure, and the PMT power supplies rest on top. The PMTs
are mounted onto the camera port of the microscope. An automated x-y translational stage was mounted, and a PZT drive unit is
used to precisely control the objective height above the sample. (B) A closer look at the PMTs, which are mounted by cubes that
house the dichroic mirrors and also support the band-pass filters. (C) Close-up of the translational stage and the objective lens
that is supported by the PZT drive unit.

mirrors such that the vertical mirror is displaced by an angle equivalent to one line at every
change in direction of the horizontal mirror. Thus, a raster pattern is generated in which the
direction of horizontal scanning reverses with every line.
The scanning mirrors deflect the beam through a tube lens and scan lens that are spaced apart a
distance equal to the sum of their focal lengths to make the beam tellecentric. Achieving
tellecentricity insures that the position of the excitation source in the focal plane is a function
only of the angle of deflection of the beam [68]. The beam is directed to the objective lens by a
short-pass dichromatic (dichroic) mirror (700 dcspxr, Chroma Technology Corp., Bellows Falls,
10

VT) that reflects NIR light but passes shorter wavelengths. The objective lens (XLUMPFL20x
W/IR Objective, Olympus) has a relatively low magnification (20X), high numerical aperture
(NA = 0.95), and long working distance (2.0 mm), making it an apt choice for intravital twophoton microscopy.

Figure 3. Components of the excitation beam pathway and the electronics modules. (A) The (I) galvanometer holders mount the
mirrors such that they are orthogonal and located approximately at the conjugate tellecentric plane. The (II) scan lens and (III)
tube lens are in line with the laser port of the upright microscope. (B) A close-up of the (I) resonant galvanometer mirror,
providing fast horizontal scanning and (II) the non-resonant galvanometer mirror, which scans the beam vertically and is
responsible for determining the frame rate. (C) The excitation laser power is attenuated by (I) a neutral density filter, and the
power level is measured by (II) a power meter that is slid out of place for imaging. Two mirrors compose (III) the periscope that
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directs the beam to the scanning mirrors. (D) The power sources and electronics that control (I) the translational microscope
stage, (II) the scanning mirrors, (III) the PZT objective drive unit, (IV) the bright field light, and (V) the halogen lamp.

Fluorescence is collected by the objective and passes through the short-pass dichroic to the topmounted detectors. Different fluorescence wavelengths are separated by a series of long-pass
dichroics with increasingly larger cut-off wavelengths (485 nm, 565 nm, and 650 nm; Chroma
Technology Corp., Bellows Falls, VT). The dichroic mirrors are housed in cubes and are
adjusted to a 45° angle relative to the collection pathway. The cubes allow the convenient
swapping of the dichroic mirrors as necessitated by the particular fluorophores used and also
support the filters and detectors. A band-pass filter is placed in front of each detector to minimize
‘cross-talk’ of the fluorescence signal among the detectors and thus increase the selectivity of the
wavelength separation.
The detectors employed are photomultiplier tubes (PMTs), which convert incident photons into a
proportional output voltage via an electron cascade. Up to four PMTs (R5929 multialkali, headon type, Hammamatsu Corp., Bridgewater, NJ) can be used at one time. Each PMT requires both
a +/-12 V power supply and a variable high voltage power supply. Two +/-12 V lines and two
high voltage lines (0-1.25 kV) are provided by a custom designed PMT power supply (Sutter
Instrument Co., Novato, CA). To power all four PMTs at once, the PMTs were soldered into two
sets of two by connecting in parallel the +/-12 V lines. One set of PMTs utilizes the two high
voltage BNC lines from the custom power supply. The other set uses a separate high voltage
power supply (0-1.25 kV; PS310, Stanford Research Systems, Inc., Sunnyvale, CA). Additional
modifications were made because the second power supply has only one output. Thus, this
output was split by a BNC tee to power each PMT of the second set, and the special high voltage
(SHV) BNC connectors were replaced by standard BNC connectors to fit with the BNC tee. A
second type of PMT (H7421-40 multialkali, head-on type, Hammamatsu Corp., Bridgewater, NJ)
is used when higher sensitivity imaging is desired, particularly for fluorescence in the far-red
spectrum. It is powered by a separate, dedicated power supply with the disadvantage of having
only one voltage setting.
Each PMT has a BNC signal line that runs to a custom-built connector box. The connector box
sends the BNC signals to an analog cable with a 62 pin connector (CAB-DEV-ANV4, Bitflow,
Inc., Woburn, MA) that mates with the acquisition board of the computer. The connector box
also receives the sync signals, via BNC cables, from the scanning control box, and they are
transmitted to the computer via the analog cable.
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Figure 4. A schematic showing the excitation and detection pathways and the major optical and electronic components of the
microscope.

3.2

Image Acquisition and Software Processing

Imaging at video-rate requires rapidly storing a large number of frames to the computer. Special
hardware and software have been implemented to handle the storage demands of the microscope:
a frame grabber, the Alta-PCE-AN4 (Bitflow™ Inc., Woburn, MA), converts the analog input of
the PMTs into a digitized image, and a software package, Video Savant® 4.0 (IO Industries, Inc.;
London, Ontario, Canada), acts as an interface between the frame grabber and computer storage
and enables real-time display.
The Alta-PCE-AN4 has four virtual frame grabbers (VFGs), each with three analog-to-digital
converters (DACs), and can consequently support up to four independent sets of fluorescence
and synchronization (sync) signals. It is unnecessary, however, to use different sync signals for
each VFG because the acquisition conditions for each PMT are the same; thus, one set of sync
signals are received by only one VFG which provides the pixel sampling coordination for the
others. The Bitflow Software Development Kit (SDK) provides several configuration utilities
which are used to select the camera file, adjust how the image is captured, and display the
images as they are received by the frame grabber in real-time.
Video Savant processes the images from the frame grabber and writes them to the hard drive. A
custom written filter included in the Video Savant package performs the distortion correction
algorithm.
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3.2.1

Frame Grabber Configuration

Because a resonant galvanometer is employed and both the forward and reverse scans are used
for imaging, processing requires several software dependent steps. Each line in the image
generated by the frame grabber consists of two consecutive lines in the scanning raster pattern.
More precisely, the first half of each line in the preprocessed image contains the forward scan of
the resonant galvanometer, and the second half of each line contains the reverse scan at the next
vertical line. Thus, the images acquired by the frame grabber are twice as long and half as tall as
the true dimensions of the frame. The camera file used for the frame grabber acquisition is 1200
pixels wide by 200 pixels high, so the dimensions of the image after processing are 600 by 400
pixels. Additionally, the preprocessed frame will be composed of mirror images of the
fluorescence signal centered about an axis that corresponds to the reversal point of the resonant
galvanometer (see Figure 5 below).
The initial step in processing the images acquired by the frame grabber is to set the axis of
symmetry to the middle of the frame grabber image, an adjustment that is necessary for the
proper functioning of the following processing. It is accomplished via both hardware and
software manipulations. First, the phase relationship between the horizontal sync signal and
resonant galvanometer mirror position can be adjusted by a potentiometer, R48, in the circuit
controlling the sync signals [66]. A onetime adjustment to minimize the phase difference is
necessary. Second, a high-level camera file editor in the Bitflow SDK, CamEd, is used to specify

Figure 5. Configurations of the camera file using the Bitflow SDK application CamEd control how the frame grabber acquires
images. (A) With the default settings of the 1200 X 200 pixel camera file and the potentiometer R48 at its maximum resistance,
the reversal point of the mirror, i.e. the axis of symmetry represented by the vertical red line, does not align with the center of the
image, the white line. Further, mirror images are seen at the top of the image, enclosed by the red border. (B) The hardware and
software are used to make the reversal point the center of the image and to remove the mirror images at the top of the image.

the starting pixel and starting line of each frame. By trial and error, the starting pixel is set so as
to minimize the offset between the axis of symmetry (reversal point of the resonant
galvanometer) and the center of the frame. These modifications are visualized by a display
application in the SDK, CiView, that shows in real-time how frames are received by a specified
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VFG. The starting line must also be specified to eliminate duplicated lines at the top of the
unprocessed frame which likely result from an offset difference between the vertical sync signal
and the standard galvanometer mirror position. There is no hardware adjustment to eliminate
these redundant lines, so the correction is performed solely by setting the starting line of the
frames.
3.2.2

Video Savant Image Processing

Having aligned the axis of symmetry with the center of the frame, the images are now ready to
be processed by Video Savant. The Camera Interface tab of the Video Savant user interface
specifies how it handles the images from each of the VFGs. The number of PMTs being used
must be specified. Next, the option to stack the images vertically is selected so that the frames
grabbed by the VFG are made into one composite frame. Thus, if four PMTs are in use, the total
dimensions of the composite frame will be 1200 by 800 pixels, with 200 lines from each PMT.
The dimensions of the ‘buffer’ images, i.e. the frames as received by the frame grabber, are
overridden so that the height of the composite is doubled and the width is halved. Thus,
assuming again four PMTs in use, the specified dimensions will be 600 by 1600 pixels; each
PMT now contributes a frame that is 600 by 400 pixels. In this step, the first half of each line in
the buffer image, corresponding to the forward sweep of the resonant galvanometer, is interlaced
with the second half of the same buffer line, corresponding to the reverse sweep of the resonant
galvanometer at the next line of the raster scanning pattern.
A stream filter in Video Savant performs the remaining processing. Every other line of the
composite frame is reversed, compensating for the alternating scanning direction of the resonant
galvanometer. The distortion correction algorithm, described thoroughly by Sanderson [64, 66],
remaps the pixel location, P, using the equation
(11)

where C is given by
(12)

and Φ is the phase of the resonant galvanometer that ranges from –π/2 to +π/2 as the mirror
oscillates. The correction algorithm uses a look-up table to reassign pixel locations as dictated by
(4). The correction factor from (5) has a minimum value of 1 at Φ = 0 (center of the frame) and a
maximum of 1.57 at Φ = ±π/2 (edges of the frame). The new location of the pixels must be
rounded to a whole number, and thus several pixels can be assigned to the same location.
Duplicated pixels are therefore discarded, and the horizontal dimension of the frame is reduced
[64], leaving a region of blank pixels at the right edge.
I discovered that the pixel mapping and subsequent horizontal dimension resizing produce poor
results if care is not taken to preserve the relative ratio of the horizontal to vertical dimensions of
the field of view (FOV) in the processed images. I found that the FOV was 315 by 295 microns
(see section 5.1). The ratio of the horizontal and vertical dimensions, approximately 1.068, must
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be preserved by the pixel dimensions of the processed frames; otherwise, the distortion
correction will produce an image with a laterally varying aspect ratio, so features near one edge
are too narrow while on the other side they are stretched. The number of pixels per line in the

Figure 6. The steps of the image distortion correction algorithm, as applied by the Video Savant stream filter. (A) The
dimensions of the frame grabber image are overridden and the lines are interlaced, producing a 600 X 400 pixel image. (B) Every
other line is reversed, thereby eliminating the mirror image effect. Pixel remapping causes a reduction of pixels in the horizontal
dimension, giving an effective width of 426 pixels, represented by the white arrow, and leaving a region of blank pixels, enclosed
by the red border. The red arrows indicate beads for which the remaining slight misalignment is most obvious. (C) Applying the
built-in offset function in the image distortion correction filter eliminates the offset, producing the final image.

processed frame, the so-called ‘effective width,’ is a function of how many pixels per line are
acquired by the frame grabber and how many are discarded by the correction algorithm. Setting
the initial pixels per line is accomplished with the pixel clock setting in the distortion correction
stream filter window. The pixel clock controls the frequency, in megahertz, at which the frame
grabber samples pixels. This feature in the stream filter also reads out the effective width of the
image. To keep the dimensions ratio equal, the effective width must be (315/295) x 400 = 427
pixels. A pixel clock setting of 11.25 MHz was chosen to give an effective width of 426 pixels.
The final step in the image processing is to eliminate any remaining misalignment in the
registration of the forward and reverse scan of the resonant galvo which appears as an off-center
duplication of every feature in the image. The stream filter has a setting to offset every other
row, in essence sliding the rows from the reverse scan past the rows from the forward scan by a
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specified number of pixels. In the configuration described above, an offset of -6 is necessary to
achieve complete alignment. The result of applying an offset is that a small number of pixels at
the left edge of the image are no longer usable because unprocessed pixels must be ‘drawn into’
frame to maintain the image dimensions. A small misalignment after the aforementioned
processing is virtually unavoidable, though, so this step is necessary.
3.2.3

Automated Volume Imaging with the Confocal Graphical User Interface

A graphical user interface (GUI) called Confocal was developed by IO Industries and Dr. Max
Krummel of the University of California, San Francisco to expedite the acquisition of volumetric
optical sections [67, 69]. Confocal coordinates the positioning of the translational microscope
stage and the PZT driven objective with Video Savant image recording. There are four tabs of
the GUI that enable the user to specify the stage positions, axial depths, number of frames to
average for each image, and the file name and directory for saving the acquired images. Thus, a
number of three-dimensional regions of interest (ROI) within the specimen can be defined and
sectioned, investigated with ease, and revisited at any time. Image processing is performed by
Video Savant, and the images are saved to a single file for either every ROI or every time point.
3.3

Matlab Programs for Post-Processing and Analysis

The frames recorded in Video Savant, whether a single image, a series of optical sections in a
volume, or a movie, are exported and saved as a single or multi-page tagged image file format
(TIFF) file. TIFF is a convenient format because it is readable by numerous image-processing
programs [70] and there is no compression, so image quality is not compromised. Further, for the
processing of a large number of frames as is required in video-rate microscopy, it is convenient
to save and manipulate the images as a multi-page TIFF and convert it to a movie file format
afterwards using either ImageJ [71] or Matlab (Mathworks, Natick, MA).
I have developed Matlab programs for the post-processing of videos and volumetric optical
sections (‘stacks’) and for the manual tracking of cells to determine their velocities. They are
described below.
3.3.1

Image and Video Post-Processing

The frames exported from Video Savant are saved in a multi-page TIFF file, and the images
from each PMT are vertically stacked to form a composite image. Further, due to the distortion
correction filter, the right side of this composite image is blank. The manner in which Video
Savant exports and saves images and videos is therefore not ideal for viewing and requires postprocessing. To this end, I have written the program video_editor2_2 in Matlab, which false
colors the independently collected fluorescence from each PMT, overlays these images, and
provides several saving options. In the following discussion, a PMT and its corresponding VFG
will be referred to as a ‘channel’, and each channel is assigned an arbitrary but consistent index
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between 1 and 4. Over the course of an experiment, a given PMT and VFG combination will be
used to collect only one wavelength band, so each channel is associated with a color or,
equivalently, a specific structure emitting fluorescence in that wavelength spectrum.

Figure 7. (A) Images are exported from Video Savant with each channel stacked vertically (here, three PMTs used). (B) The
basic function of the video_editor post-processing program is to remove the blank region of pixels and false color and overlay the
different channels. The images in this example show the second harmonic generation from the collagen of fish scale (blue), the
dye rhodamine-dextran (red), and green fluorescent microspheres (green).

The program video_editor2_2 first prompts the user, via user interface windows, to select a
directory (the default is the current directory) and file. The user has the option of reading in all
the frames from the multi-page TIFF or selecting a subset of frames. The program automatically
determines the number of channels used for imaging and eliminates the blank region such that
the width of the resulting images will be the effective width of the Video Savant processed
image.
The user is then prompted to select filtering and averaging options that can be applied to each
channel independently. A median filter can be used to reduce ‘salt and pepper’ noise. While
median filtering can improve the appearance of an image, it also results in a loss of finer
structure detail, so it is not always appropriate. There are also two different frame averaging
methods that can increase the signal-to-noise ratio. The first option is all-frame averaging, where
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the final image from a given channel is an average of that channel for all the frames in the video
file. It produces a static, dramatically sharper image of the structure from that channel. It is only
viable for stationary objects; otherwise, blurring will make the features of the structures within
the channel impossible to distinguish.
The second option is a moving average technique in which each final frame of the video file is an
average of a small subset of frames. This approach works by sequentially selecting each frame of
the video file and averaging every pixel in a given channel for the selected frame with the
corresponding pixel in an equal number of frames before and after the selection. To maintain the
balance of ‘before’ and ‘after’ frames, the user is restricted to specifying an odd number of
frames to be averaged. At the beginning and end of the video file, however, it is impossible to
maintain this symmetry. Therefore, the first few and last few frames of the video will not
represent a moving average. To give a concrete example, if five frames are being averaged for a
certain channel, the first three frames in the post-processed video will be the average of the same
five starting frames, indexed as 1 through 5. At frame 4, however, the average will have moved
to consider frames 2 through 6, thus maintaining the balance of two frames before frame 4 and
two frames after. The average will continue to move thereon to consider frames 3 through 7, 4
through 8, etc. Similarly, the last three frames of the video will be the average of the last five
frames for the selected channel. The major benefit of this approach is that it can be used on
channels displaying dynamic processes, though the reduction in noise is less than in all-frame
averaging. For instance, if a specimen’s breathing or twitching during imaging causes movement
of the vasculature and tumor in the field of view, the moving average channels will not be
blurred (provided the movement is not too fast and the number of frames to be averaged is not
too large). The moving average substantially increases the time required for post-processing, so
all-frame averaging is generally more convenient.
Having specified for each channel whether to filter and average, the user is then prompted to
select the colors of each channel. The program defaults to red, green, blue, and purple for
channels 1 through 4, respectively. White is also an option and tends to be a good color for the
vasculature to best visualize fluorescently labeled cells.
The final step in the program is to specify the saving options. The program can save the postprocessed images to the selected directory as audio video interleave (AVI), multi-page TIFF, or
individual TIFF files with automatic frame indexing. In selecting the AVI option, the default
frame rate for playback is 31 fps but it can be changed to any value. In the option to save as
individual TIFF files, the user may select to save all the frames of the video file, the default, or a
subset.

19

Figure 8. This schematic shows the basic algorithm of the moving-average technique, where the gray rows represent frames from
the unprocessed video and the blue rows represent frames in the averaged video. In this example, each frame in the processed
video is the average of five frames from the unprocessed video. The first three frames of the processed video are the average of
the same starting five frames of the raw video. Likewise, the last three frames of the processed video will be the average of the
last five frames of the unprocessed video (not shown). Between the first and last three frames, the moving average is performed
as depicted.

3.3.2

Blood Flow Velocity Quantification by Semi-Automatic Tracking

To determine the velocity of cells and particles traveling within a given vessel or region of a
vessel, I wrote the program velocicalc5. This program reads in a video as a post-processed multipage TIFF. Through a series of input dialogue windows, the user specifies either the dimensions
of the processed image or the micron-to-pixel ratio (default is the field of view of the
microscope, 315 μm by 295 μm), the recording frame rate (30 Hz or 60 Hz; default is 30 Hz),
and the frame spacing (to be discussed).
The program then displays the first frame of the video, and the user marks the blood vessels or
regions of interest by interactively drawing a polygon around its borders. The user draws several
well spaced lines perpendicularly across the vessel within the marked region to calculate the
average diameter. Any number of regions may be defined and any number of diametermeasuring lines may be placed therein. It should be noted that placing more lines will increase
the accuracy of the diameter measurement, and, in that case that the diameter varies appreciably
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within the region, the standard deviation will provide a measure of this variation in diameter. The
marked frame, with a textbox indicating the index of each ROI, is saved as a Matlab figure file to
the current directory for future reference (see Figure 9 below).
Two figure windows will appear. The window on the left will display the first frame, and the
window on the right will display the frame with the index i = 1 + frame spacing. The user is able
to move forwards and backwards through the video file frames using the keyboard, and the
change in the frame indices is equal to the frame spacing input. When the user has found a frame
range in which a cell moves through one of the specified regions, he switches into “trajectory
mode.” The left figure becomes the reference window, and the right window is the selection
window. The cursor over the selection window becomes a crosshair, and the user clicks on the
cell of interest. The selection window will then display the next frame, and the reference window
will show the previous frame from the selection window with a green dot indicating the location
of the mouse click. The locations of the selected pixels are saved and used to find the velocity of
the trajectory. Once the cell has moved outside the ROI, the user exits trajectory mode. The
program assigns the trajectory an index and calculates the average velocity of the cell, the
standard deviation of the velocity, and the relative standard deviation. Velocities are calculated
from the distance traveled by the cell, the frame rate, and the number of frames that elapsed. Any
number of trajectories may be analyzed.
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Figure 9. Stages of analysis using velocicalc5, a custom written Matlab program for the calculation of cell and particle velocities
within user-defined regions by manual tracking. (A) The program displays the first frame of the post-processed video file and (B)
the user defines the regions of interest by interactively plotting a polygon around the vessel’s border. The diameter is measured
by drawing 3-6 lines perpendicularly across the vessel. The ROI indices are automatically displayed and the image is saved for
future reference. (C) Trajectory mode generates a cross-hair in the Selection window, used to select the location within the
current frame of a cell or particle. The Reference window shows the point of the last click as a green dot, as well as displaying
the index of the current trajectory being analyzed.

After all the trajectories have been tracked, the program will find the average velocity of cells
within the previously defined regions. These calculations are accomplished by determining
whether any of the cell positions from the trajectories fall within these regions. To clarify the
following discussion, I will use “instantaneous velocity” to mean the velocity of a cell between
two sequential points from a trajectory. The instantaneous velocities associated with the points
that fall within a given region are added together, and division by the total number of
instantaneous velocities summed gives the average velocity. There are two approaches to this
technique, which I have called “strict” and “loose localization”. In strict localization, an
instantaneous velocity will only be considered as being within a given region if both points that
define it are in that region. In loose localization, only one point defining the instantaneous
velocity need be in the region in order for it to be considered. The analysis gives the average
velocity for each region as well as the standard deviation and relative standard deviation.

4.

Experimental Methods

4.1

Characterizing the Imaging Properties of the Microscope
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4.1.1 Field of View
The field of view (FOV) can be determined in two ways. A graticule designed for microscope
calibration can be imaged; given the imprecision of the particular graticule scale available, a
more precise determination was accomplished using the automated x-y translational stage. A
slide of fluorescent spheres (FocalCheck, F-36909, Invitrogen, Carlsbad, CA) was aligned such
that a given sphere was at one edge of the frame. The x-y stage was horizontally translated until
this sphere was just out of frame, and the translation, in microns, was measured using the
Confocal acquisition program (see section 3.2.3). The same process was used to find the vertical
dimensions of the FOV.
The FOV can be verified using the same slide of fluorescent spheres. Spheres with a diameter of
15 μm were imaged. The diameter in pixels was found using ImageJ [71] and the ratio of
microns to pixel was calculated. This ratio was used to find the FOV dimensions from the
dimensions of the image.
4.1.2 Resolution
The resolution of the microscope was calculated from the PSF of sub-resolution beads. A 2%
agarose gel was made from low gelling temperature agarose (Sigma-Aldrich Corp., St. Louis,
MO) dissolved in water at a slow boil and mixed with a stir bar. Once completely dissolved, the
agarose solution was pipetted onto a glass microscope slide, and 0.250 μm green fluorescent
microspheres (Duke Scientific Corp., Palo Alto, CA) were added immediately to make a 1:500
dilution of the beads. Cover glass was placed on top of the agarose solution, and the gel was
allowed to cool and solidify.
Optical sections of the beads were taken using the Confocal GUI, with an axial displacement of
the objective of 0.25 μm and 1 s (31 frame) averaging.
4.2

Microsphere Flow Imaging for Velocicalc5 Calibration

To determine the accuracy of the manual tracking velocity quantification program, velocicalc5,
the flow of fluorescent beads at varying velocities was imaged. Green fluorescent microspheres,
with a diameter of 1.01 μm (Duke Scientific Corp., Palo Alto, CA), were diluted 200X with
deionized water. Several hundred microliters of the solution were drawn into a 1 ml syringe and
a needle tip was attached. The needle was inserted into one end of polyethylene medical tubing
with an inner diameter of 0.14 mm (Becton Dickinson and Company, Sparks, MD) that was
glued to the bottom container of a petri dish at either side of the container. The syringe was
loaded into a syringe pump, and the petri dish was placed under the microscope objective and
filled three-quarters with water. The objective was lowered into the water and focused by eye on
the tubing. The syringe pump was used to specify different fluxes, which translated into varying
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linear velocities of the solution. A 10 s video was recorded for a flux of 15.0, 17.5, and
20.0 μl/hr. The videos were post-processed with video_editor2_2, and 8 microsphere trajectories
were tracked with velocicalc5.
4.3

Pilot Study Using Glioblastoma Tumors and Antiangiogenic Treatment

To demonstrate the capability of this microscope for the quantification of blood flow and the
observation of vascular morphology changes, two orthotopic glioblastoma-bearing mice were
studied. Glioblastoma is the most common primary tumor of the central nervous system and is a
particularly devastating class of cancer, with a lethality of 80% within the first year of diagnosis
[72].
4.3.1

Animal Model, Cell Line, and Red Blood Cell Labeling

The tumor cell line chosen for this experiment was U87, a human glioblastoma, retrovirally
transfected with green fluorescence protein (GFP). U87 grows quickly but in a predictable
manner, and it has been studied previously in vivo using multiphoton microscopy [73, 74]. The
experimental protocol for preparing U87 xenografts and windows has been previously described
[74] and was followed with some minor modifications. All animal procedures were performed
following the guidelines of the Public Health Service Policy on the Humane Care of Laboratory
Animals and approved by the Institutional Animal Care and Use Committee of Massachusetts
General Hospital.
Cranial windows were surgically implanted into the two nude mice, and three and a half weeks
later, small fragments of U87 were superficially implanted into the left cerebral cortex. Tumor
size was monitored with (non video-rate) two-photon microscopy. Before imaging began
(day -2), both mice were injected with 200 μl of 50% hematocrit red blood cells (RBCs) labeled
with 1,1-dioctadecyl-3,3,3,3-tetramethylindodicarbocyanine perchlorate (DiD; Invitrogen,
Carlsbad, CA), a far-red fluorescent dye. The RBCs were prepared by centrifuging to separate
the RBCs from the plasma and leukocytes and performing two cycles of 1:100 dilution with
phosphate buffered saline (PBS) and room temperature incubation with 1 mg/ml DiD [56]. Once
the tumors had grown such that they were visible at depths of 80-100 microns, imaging and
treatment began (day 0).
4.3.2

Treatment Protocol and Microscopy Preparation

One mouse was treated with DC101, an antibody for VEGFR2 that has been shown to lead to
transient vascular normalization [75]. The treatment mouse was injected on day 0, day 2, and day
7 with 40 mg/kg body weight DC101. The control mouse was injected with an equal dose of rat
IgG on day 2. Imaging took place on day 0 and day 2 for the control mouse, and day 0, day 2,
and day 5 for the treatment mouse. The mice were anesthetized prior to imaging with an
intraperitoneal injection of approximately 350 μl ketamine-xylazine solution, with concentrations
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of 10 mg/kg and
1 mg/kg, respectively. An anesthesia boost was delivered subcutaneously
after about 45 minutes from the initial injection. The mice were also prepared with a retro-orbital
injection of between 100 and 120 μl rhodamine-dextran (500 kDa), a red fluorescent dye, to trace
the vasculature. The mice were placed on a heating pad for the duration of the imaging session to
help maintain the physiological temperature of the specimens.
4.3.3

Intravital Imaging

The specimen was initially positioned by locating the tumor by eye through the microscope
eyepiece using a halogen lamp and a GFP filter. The laser wavelength was set to 820 nm and the
laser power through the ND filter was reduced to between 500 and 600 mW in front of the
periscope. Three PMTs were used, and the filters for the green, red, and far-red fluorescence
were 525 ± 50, 610 ± 37.5 nm, and 690 ± 45 nm, respectively. The PMTs used for GFP and
rhodamine-dextran were the regular PMTs (see section 3.1) set at 700 V, while the PMT for
detecting the DiD labeled RBCs was the higher sensitivity PMT.
Once the specimen was positioned, the tumor was divided into regions spaced apart by slightly
less than the dimensions of the field of view, and the positions of these regions were stored using
the Confocal image acquisition GUI. Axial sections were taken at each region, with a z-step size
of 5 μm, beginning just above the tumor and extending down until no appreciable signal was
detected. Each image in the stack was the average of 31 frames (1 s). Ten to fifteen second
videos were recorded at various axial depths within each of these volumes. In general, one to two
videos were recorded at each region. Videos of the contralateral hemisphere, the opposite side of
the brain from the tumor, were also recorded.
4.3.4

Post-Processing and Analysis

Each multi-page TIFF video file saved from Video Savant was post-processed with
video_editor2_2 to generate both an AVI video file and a multi-page TIFF. The AVI video file
was used as a reference to determine which blood vessels would be suitable for velocity analysis.
For the post-processed multi-page TIFF files, all-frame averaging was performed on the
vasculature and tumor channels, and these channels were false-colored to white and green,
respectively. The frame averaging substantially increased the signal-to-noise ratio, making
features of the tumor and vasculature readily recognizable. Averaging and filtering were not
performed on the RBC channel. Because the RBCs are relatively small, quickly moving, and at
times dim, filtering can eliminate too much signal and cause cells to be lost from the processed
image. Also, even a moving average would be ineffective because the relatively high velocities
of the RBCs would cause them to be blurred, preventing analysis.
The program velocicalc5 was used to manually track RBCs for each video. Using the reference
AVI videos, the vessels with three or more RBCs passing through were traced for ROI analysis.
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For each vessel, 3 to 6 lines were drawn to give an estimate of the average vessel diameter. Care
was taken to space the lines out evenly, and more lines were drawn for longer vessels. The
localization option chosen in velocicalc5 was ‘strict’ for two reasons. First, if only one point
from a trajectory fell within a certain ROI, strict localization allows velocicalc5 to ignore its
contribution to the calculation of the average velocity of the vessel. Strict localization insures
that at least two data points within an ROI are necessary for an RBC trajectory to contribute to
the velocity of that vessel. Also, strict localization minimizes the risk that tracking an RBC
across overlapping ROIs will incorrectly affect the velocity calculation for a vessel the RBC is
not traveling in. The data from each video were saved into an Excel spreadsheet for analysis.

5.

Results and Discussion

5.1

Field of View and Resolution

Analyzing the FOV by translation of the microscope stage gives dimensions of 315 μm by
295 μm. Though the automated stage has a resolution of 0.02 μm, the microns per pixel is
approximately 0.75, so the error in this method was taken to be plus or minus one pixel. This
technique was checked by measuring the diameter of 15 μm fluorescent beads as the distance
between the peaks of an intensity profile plot, and using the micrometer/pixel ratio to find the
FOV from the dimensions of the image (see Figure 10 below). The calculations from the
fluorescent beads gave a FOV of 322 ± 8.0 μm and 301 ± 1.9 μm (n = 4). These results validate
the translational stage approach, but given the higher precision of stage method, the FOV is
taken to be 315 μm by 295 μm.
It should be noted that the original FOV of the microscope was less than the current value,
approximately 160 μm by 135 μm. For tumor biology studies, a relatively large FOV is desirable
to provide greater information about the relationship of the various structures in the tumor
microenvironment. The solution to increase the FOV was to increase the scanning angle of the
mirrors, which required manufacturer modifications to both the mirror galvanometers and their
associated electronic driver boards. The resonant galvanometer’s peak-to-peak scanning angle
was increased from 15° to 22°, and the non-resonant galvanometer’s scanning angle was
increased from ±10° to ±20°, approximately doubling the FOV in both the horizontal and vertical
directions.
The resolution was found from the PSF of fluorescent beads in an agarose gel. As previously
discussed (see section 2.2), the full-width at half maximum (FWHM) of the PSF gives a working
measure for the resolution of a multiphoton microscope. It was discovered that, in the radial
plane, each bead corresponded to one pixel. Thus, it is impossible to determine an accurate value
for the lateral PSF because it is limited by pixel undersampling due to the dimensions of the
camera file currently employed. At best, the PSF is less than the microns per pixel, 0.74 μm, and
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this is the current radial resolution. The theoretical value of the radial PSF is 0.240 μm for a
water immersion objective lens with a 1.2 NA [76]. Therefore, despite pixel undersampling, the

Figure 10. Analysis of the field of view. (A) and (B) show the measurement of 15 μm beads for the previous and current FOV,
respectively. (C) A characteristic intensity profile plot from ImageJ of the beads used in (A) and (B). The distance between the
two peaks gives the diameter in pixels, and the ratio of the microns to pixels is used to find the FOV from the pixel dimensions of
the image. (D) A comparison of the FOV values from the microscope stage technique, using the Confocal program, and the
fluorescent beads technique, using ImageJ. While the two techniques give nearly the same dimensions, the microscope stage
technique is assumed to be more accurate.

resolution is just a little over three times worse than the best possible value, and this factor might
be less because a lower numerical aperture lens is employed in this microscope.
The axial PSF was found from the average of the maximum intensity versus depth for ten beads.
Approximating the intensity curve as a Gaussian distribution, the FWHM is given by
(13)

where σ is the standard deviation of the intensities. The standard deviation was 3.34 μm, giving
an axial PSF of 7.86 μm. The theoretical axial PSF for a water immersion lens is 0.691 μm, so
the current resolution is an order of magnitude worse than the best achievable value. A possible
explanation for this substantial discrepancy is a lowering of the effective numerical aperture of
the objective lens by clipping the laser light in the excitation pathway. As the axial resolution is
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proportional to the squared inverse of the numerical aperture of the objective, clipping is a
serious concern and could be a major contributor to the poor resolution observed. The current
resolution is preventing the microscope from realizing one of the chief advantages of
multiphoton excitation, its inherently tight optical sectioning, and resolving this issue will be a
top priority in moving forward.

Figure 11. Calculating the radial PSF, and thus the axial resolution, was done by plotting the maximum intensity of optical
sections through fluorescent beads in an agarose gel versus depth in the sample. (A) One slice from the axial image stack.
Though some beads appear larger than others, these brighter intensity points are clumps of beads and were not analyzed. (B) Plot
used the find the PSF. It was assumed that the intensities followed a Gaussian distribution, and the standard deviation from the
intensities was used to find the FWHM.

Another concern is to improve the radial resolution, which can be approached in two ways. First,
the amplitude of oscillation of the scanning mirrors, the angle through which they rotate, can be
adjusted with potentiometers on the scanning control box. Decreasing the scanning angles will
decrease the field of view and, keeping the camera file pixel dimensions constant, provide a
zooming effect, effectively increasing the magnification of the resulting image. As a large FOV
is desirable, however, this method is not ideal. Further, great care would be needed in manually
changing the dimensions of the FOV to insure that the ratio of the horizontal to vertical
dimensions for the FOV is equal to that of the camera file; otherwise, distortion will result. The
preferred approach is to increase the number of pixels in the camera file, again insuring that
vertical and horizontal dimensions ratio is the same for both the image and FOV. Increasing the
number of pixels in the image will decrease the microns per pixel. Once the microns-to-pixel
ratio is less than the PSF, the resolution will be limited by the optics of the microscope and not
the pixel sampling. Thus, learning to reprogram the camera files to change the pixel dimensions
will be an important task in improving the microscope’s imaging properties. On the other hand,
increasing the pixels per image has the potential to dramatically increase the file sizes of images
and videos, making storage and post-processing a greater concern. For the three-dimensional
analysis of structures of the tumor microenvironment via optical sectioning, better resolution is
clearly the aim. For the observation and analysis of dynamic processes, however, a higher
resolution may not be necessary, and it will be important to weigh the benefits of improved
resolution with the cost of file size.
28

5.2

The Uses and Benefits of Frame Averaging

The video_editor program enables two different methods of performing frame averaging
independently on each PMT channel. All-frame averaging is the method of choice for channels
capturing stationary structures, such as a region of a tumor or vasculature, and is particularly
effective for the post-processing of images with low signal-to-noise ratio (SNR). Assuming the
shot noise in an image demonstrates a Poisson distribution, the SNR is proportional to the square
root of the number of photons captured per pixel, or ‘counts’, for each frame [77]. Assuming a
relatively constant signal level, all-frame averaging is thus expected to increase the SNR by a
factor equal to the square root of the number of frames in the video. For videos with durations of
5 s, 10 s, and 15 s, the factors for the increase in SNR are approximately 12, 17, and 21,
respectively. Though a rigorous analysis has not been performed, qualitatively, the quality of the
video frames is much improved using all-frame averaging.
While all-frame averaging results in great quality for originally noisy images, it leads to blurring
and a loss of features if there is movement of the structures in the channel being averaged. The
moving average option works well for movement in structures due to the specimen’s twitching or
breathing. It is also able to capture relatively slow moving labeled RBCs. Though the
improvement in image quality does not match that of all-frame averaging, it does offer an
observable lowering of noise. Its major limitation is the lengthy times required for using the
moving averaging, which can be greater than 15 minutes for a single 10 s video. Thus, when
possible, all-frame averaging is employed, but the moving average is a viable alternative when
specimen movement prevents the effective use of all-frame averaging.
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Figure 12. Employment of frame averaging can dramatically improve image quality. (A) The same frame is shown (I) without
any filtering or frame averaging and (II) with all-frame averaging of the vasculature (white) and tumor (green) channels. (B) In
this video file, the specimen twitched, causing (II) the all-frame averaging image to look blurred. The image using a moving
average of five frames (III) does not show blurring and, further, the RBCs (visible only as shadows in the vasculature because
labeled RBCs were not injected into this mouse) are distinguishable. The moving average technique also displays a reduction in
background noise, seen especially in the tumor channel (green), as compared to (I) the not-averaged video frame.

5.3

Velocicalc5 Calibration

The particle velocity calculation program, velocicalc5, was tested by comparing the average
velocity determined using the program to the expected velocity based on the flux set by the
syringe pump. The linear velocity for a given flux, expressed as μl/hr, was calculated by
converting the flow volume from μl to μm3, converting hours to seconds, and dividing by the
cross-sectional area of the tubing, found from the diameter. Thus, 1 μl/hr is equal to 18.045 μm/s
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through the tubing used. The results of the comparison are shown in Figure 13A. The differences
between the expected and empirical flow velocities were not statistically significant (using a
Student’s t-test, p > 0.05), demonstrating the effectiveness of velocicalc5 for calculating flow
velocity by tracking fluorescent particles.

Figure 13. Velocicalc5 was calibrated by analysis of the syringe pump set velocity of microspheres flowing in polyethylene
tubing. (A) Comparison of the expected velocity of the microspheres to the average velocity of trajectories tracked in
velocicalc5 (n=8). (B) Repeat calculations of the 20 μl/hr video to demonstrate the effect that user bias has on the average
velocity of flow.

An unexpected trend was noticed from the velocity calibrations as seen in Figure 13A. For
higher flow velocities, the discrepancy between the result of the program and the expected flow
increased. To investigate this trend further, the calculation of the fastest flow rate, 20 μl/hr, was
performed twice more. Figure 13B shows the comparison of the three trials with the expected
velocity. The differences between the three trials were not significant (p > 0.05), and thus the
trend noticed in Figure 13A is random. The flow rate in the polyethylene tubing is noticeably
faster in the center of the vessel than at the edge, as expected. Tracking the trajectories of beads
that do not flow through the center of the tubing would be expected to lower the average and
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increase the standard deviation of the velocities, which is observed here. It is likely, then, that
the lower velocities and higher standard deviations are the result of tracking beads that do not
accurately reflect ideal flow. Nevertheless, each empirical velocity is well within a standard
deviation of the expected value and the relative standard deviation is low. The program
velocicalc5 thus shows good accuracy in determining velocities, but the potential for user-bias
has also been demonstrated.
5.4

Blood Flow Analysis in Glioblastoma-Bearing Cranial Window Mice

Tumor blood flow in general displays greater spatial and temporal heterogeneity and velocities
an order of magnitude lower as compared to blood flow in normal vasculature; further, while
blood flow velocities through normal vasculature have a linear dependence on vessel diameter,
tumor region velocities do not follow this correlation [2]. Transient vascular normalization via
antiangiogenic treatment results in less spatially and temporally heterogeneous tumor blood flow
[78]. Thus, it was expected that the cranial window U87-GFP mice would demonstrate the
greater variability of blood flow in tumor vasculature as compared to contralateral vasculature
and show that vascular normalization through DC101 reduces blood flow abnormality.
Qualitatively, these expectations were borne out. Clear instances of characteristic irregular tumor
blood flow were observed, including regurgitative flow and flow reversal, while such phenomena
were not seen in the contralateral regions.
Quantitative analysis comparing velocity versus diameter for the tumor and contralateral
vasculature revealed high variance in both regions and some unexpected trends. For instance, the
tumor vasculature of the treated mouse and the contralateral vasculature of the untreated mouse
showed decreasing flow velocity for increasing vessel diameter on day 0, and the contralateral
vasculature of the untreated mouse continued to show a negative correlation on day 2 (see
Figure 14B). In all cases, the linear correlation of flow velocity and vessel diameter was poor,
most likely a reflection of the high heterogeneity of blood flow and the relatively small sample
size, both in terms of specimens studied and total vessels analyzed.
Examination of the plots of velocity versus diameter in Figure 14B reveals a bias that may have
influenced the results. The plots show a clustering of data points for relatively small diameter
vessels. The selection bias for smaller diameter vessels is due to the difficulty or impossibility of
analyzing flow in larger vessels for which RBC velocities were much faster. In order to calculate
a velocity for a given RBC, it must be observed within a vessel for at least two consecutive
frames. Quite often, for larger diameter vessels, the vessel length within the FOV was too short
or the flow velocity was too fast, preventing a single RBC from being captured in sequential
frames. Also, larger vessels tended to contain many fluorescently labeled RBCs flowing through
them at any given time. Even if their trajectories were analyzable by the previous criterion,
distinguishing the corresponding individual cells to accurately perform tracking was sometimes
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Figure 14. (A) A series of representative frames showing RBCs passing through two vessels within the tumor of the treated
mouse. Vessel flow velocities were calculated by manually tracking individual RBCs using the custom written Matlab program
velocicalc5. (B) While the tumor vasculature of the untreated mouse (I) shows a positive correlation between flow velocity and
vessel diameter that decreases between days 0 and 2, the contralateral vasculature of the same mouse (II) displays a negative
correlation on those days. The contralateral region vasculature of the treated mouse (III) shows a positive correlation between
velocity and diameter that is relatively consistent between days 0 and 2. The tumor vasculature of the treated mouse (IV) shows a
negative correlation on day 0 but a positive correlation on day 2. The unexpected trend of decreasing flow velocities with
increasing vessel diameters, the high variance in the data, and the poor linearity in the contralateral vessels demonstrate the high
variability of the biological data and the need to repeat in vivo experiments with a larger number of animals.

exceedingly difficult. These complications do not apply for smaller diameter vessels, in
particular capillaries that are wide enough for only one RBC at a time. Hence, data sampling was
skewed, and possibly the results of velocity versus diameter cannot be accurately extrapolated to
larger vessels.
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Accordingly, focusing the quantitative analysis on vessels with a relatively small diameter, up to
20 μm, yielded more revealing trends (see Figure 15 below). The average flow velocity in the
tumor was less than in the contralateral regions by a factor of 2.2 to 5.0. Though not an order of
magnitude difference as cited earlier, this finding matches expectations for blood flow dynamics
in the tumor and contralateral regions. Also, the relative standard deviation of the velocities
decreased by over 200% between day 0 and day 2 for the treated mouse, while in the untreated
mouse the relative standard deviation decreased by a factor of only 2.3%. These differences in
relative standard deviations may indicate that the blood flow of the treated mouse in the smaller

Figure 15. Comparison of the average flow velocities in small diameter vessels (≤ 20 μm) in the contralateral and tumor regions
for days 0 and 2. The relative change in the average tumor blood flow velocity of the (A) treated mouse is greater than in the (B)
untreated mouse. Further, the relative standard deviation of the tumor flow velocities decreases substantially in the treated mouse
(about 200%) but much less in the untreated mouse (about 2.3%), perhaps indicating the effectiveness of DC101 treatment in
lowering blood flow heterogeneity in the tumor vasculature.
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diameter vessels became less heterogeneous as a result of antiangiogenic treatment. The
implications of these results, however, are confounded by an even greater change in the relative
standard deviation of contralateral region flow velocities in the treated mouse, and the high
variance of the contralateral vasculature blood flow velocities in general. Further, there was no
significant difference (p > 0.05) between tumor blood flow velocities from day 0 to day 2 or
between the treated and untreated mice for either day 0 or day 2.
While the results of the pilot study were inconclusive, the analysis has revealed several possible
improvements in the experimental setup and analysis. Increasing the recording frame rate to
60 Hz will likely be a necessary step for an unbiased analysis of blood flow regardless of vessel
diameter. Increasing the frame rate has the additional advantage that it improves the accuracy
with which semi-automatic tracking calculates velocities in highly tortuous vessels. The vessels
analyzed showed a high relative standard deviation in blood flow velocities. By injecting more
fluorescently labeled RBCs, there will be more trajectories to analyze, which is particularly
important in smaller vessels for which only a few labeled RBCs pass through in a span of 10 to
15 seconds. Also, to make analysis more robust, it would be best to analyze the same vessels at
each time point. However, as tumor angiogenesis generates new vessels, and antiangiogenic
treatment can prune vessels, analyzing the same vessels will probably prove to be more difficult
than merely landmarking and finding them, and perhaps even impossible.
Finally, the algorithm for velocicalc5 is susceptible to biasing the average velocity calculated for
a given vessel to lower values. The reason is that the average velocity value reported is the
average of all the instantaneous velocities within the user-defined region (see section 3.3.2).
Thus, cells that move relatively slowly will contribute more to the calculated average velocity
because more of their points along the trajectory will fall within the region as compared to a
faster moving cell. The result is that velocicalc5 is weighted towards slower velocities, but by
how much will depend on the variability of flow through a vessel. An algorithm giving more
accurate results would be based on the average velocity of each trajectory within a given ROI,
not the instantaneous velocities.
These insights will contribute to the modification of the current analysis programs and shape the
planning for future in vivo studies using this microscope.

6.

Future Directions

The potential uses of video-rate MPM are numerous. This microscope is a versatile instrument in
that it can both capture rapidly occurring biological events, such as the movements of red blood
cells and leukocytes, and quickly record optical sections through a three-dimensional volume.
Dynamic measurements can be applied to better understanding tumor cell metastasis, immune
system response to tumor progression, and cell trafficking in the lymphatic vessels, to name but a
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few potential uses. The microscope can also be used to eliminate imaging artifacts caused by the
movement of a specimen with the development of a correlation technique for video frames.
Quick three-dimensional imaging also has a variety of potential applications, including the
analysis of diffusion over time as related to various structures of the tumor vasculature and
microenvironment, which could lead to a better understanding of the barriers preventing
effective drug delivery.
Several issues require immediate attention before moving on to more in-depth experiments,
including improving the radial and, in particular, axial resolution of the microscope. Also, the
potential for blood flow analysis could be expanded and made more robust by merging the
current manual tracking program with previously developed software for vessel tracing that
yields statistics on a variety of vasculature parameters [79]. With these modifications and
improvements, the microscope presented here will be ready to demonstrate the myriad
opportunities for novel studies in tumor biology using video-rate MPM and potentially lead to
new insights in cancer research.
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