
  

ABSTRACT 

QUAN, ENZHUO. Imaging Properties of a Rotation-Free, Arrayed-Source Micro-Computed 

Tomography System. (Under the direction of Professor David S. Lalush.) 

 We study the three-dimensional reconstruction and imaging properties of a proposed 

rotation-free micro-computed tomography (CT) system. The system uses linear arrays of the 

carbon-nanotube-based x-ray sources which have ultra-short switch time and are individually 

addressable. With such sources, the micro-CT system is able to achieve ultra-high temporal 

resolution, reduce dose, and facilitate gated imaging.  

A square and a hexagonal geometry have been proposed for the system. The source 

arrays and area detectors in the two geometries form, respectively, a square and a hexagon. 

The tomographic angular sampling for both geometries requires no motion of the sources or 

subject. Based on the sinogram maps, the hexagonal geometry has improved angular 

coverage as compared to the square geometry. The ordered-subset convex (OSC) iterative 

algorithm is implemented in both geometries for reconstructions from cone-beam projection 

data. We demonstrate that images can be reconstructed effectively from both geometries, 

although streaking artifacts due to the limited-angle nature of the geometries are observed. 

The hexagon geometry results in fewer limited-angle artifacts, and a similar resolution-noise 

tradeoff compared to the square geometry. However, in more realistic situations where gaps 

appear between the source arrays and the detectors, the angular coverage of the hexagonal 

geometry degrades faster, resulting in an increase in artifacts, so that the square geometry 

becomes superior in this case. 



  

To accelerate the reconstruction of the proposed micro-CT system, we presented a 

faster iterative reconstruction algorithm based on the OSC algorithm. Measurements show 

that the modified version produces fewer streaking artifacts, similar resolution-noise tradeoff 

in the reconstructed images, and it saves up to 30% CPU time, so we conclude that the 

MOSC algorithm is an efficient alternative to OSC. 

A more practical design of the micro-CT system is studied, which has non-uniformly 

distributed gaps among the source arrays and detectors. It is shown that the limited-angle 

artifacts can be reduced by translating the imaging subject inside the geometry. However, the 

point spread functions with subject translation become less isotropic than without. In specific 

applications, the scanning modes can be chosen from the two in order to achieve desired 

image quality or imaging speed requirements. 
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1 INTRODUCTION 

The recent development of microfabricated X-ray sources using field emission from 

carbon nanotubes (CNT) instead of thermionic emission has opened up many new 

possibilities in development of specialized X-ray devices (Cheng et al., 2004; Zhang et al., 

2005).  These devices are capable of fast pulsing, modulation, and triggering from 

physiologic signals. Also, they can be microfabricated, leading to the possibility of creating 

imaging systems based on dense arrays of X-ray sources.  

In this dissertation, such arrays of CNT-based x-ray sources are implemented into 

proposed designs of a fast, rotation-free micro-CT system; one of them is shown in figure 1.1. 

In this design, there are two fixed arrays of x-ray sources, with fifty sources each, spaced at 2 

mm, and two 10 cm detectors arranged as shown.  The primary field of view (FOV) of such a 
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Figure 1.1: Geometry of a proposed rotation-free micro-CT system design, in which two source arrays form 

two contiguous sides of a square, and two detectors form the other two sides. 
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system is indicated by the “mouse holder” in the center of the square bounded by the source 

arrays and detectors.  Tomographic angular sampling in this system is achieved by pulsing 

the individual sources one or more at a time, so that no rotation of the sources or subject is 

required.  One of the key advantages of such a design is the high temporal resolution that it 

could achieve, which could be up to nano-seconds, as long as the detector frame rate is high 

enough. The stationary design also facilitates gated imaging and makes the system more 

reliable. Using ultra-short x-ray pulses, instead of continuous radiation, the system can also 

result in lower dose. 

The proposed arrayed-source geometry, however, does not meet the conditions for full 

tomographic reconstruction; that is, it does not achieve a full 180-degree of angular sampling 

for every point in the field of view.  For a 3cm FOV, over 10% of the complete data could be 

missing in an ideal geometry (Chapter 3) and over 20% for a more practical geometry 

(Chapters 5 and 6). Further, different points in the FOV have different arcs acquired. Thus, 

we expect that limited-angle artifacts will appear in the reconstructed images and the point 

spread functions in such a system will be spatially-variant and anisotropic. In this dissertation, 

the imaging properties of the proposed micro-CT system were studied by computer 

simulations.  

Besides the ideal square geometry that is shown in figure 1.1, several other designs have 

been studied in this dissertation. One of them is an ideal hexagonal geometry, which is 

formed by three source arrays and three detectors and has the same total number of sources 

and the same source-to-detector distance. Since each source in the hexagonal geometry 

corresponds to a larger effective detection area, it results in improved angular coverage as 
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compared to the square geometry. Therefore, it is expected to produce better image quality 

than the square geometry. The performances of the two geometries are compared in chapter 3 

of this dissertation. 

Gaps between the source arrays and the detectors are formed when there are ineffective 

margins on one or both ends of the source arrays or the detectors, which is inevitable in a real 

world realization of the proposed system. In chapter 5, a few sets of the square and the 

hexagonal geometries with various distributions and levels of gaps have been studied and the 

effect of gaps on the image quality is compared among the proposed geometries.  

Further, a more practical design of the micro-CT system is studied in chapter 6, which 

has two multi-row source arrays and non-uniformly distributed gaps among the source arrays 

and detectors. A bi-translation scanning mode is proposed for this system, in which the 

imaging subject is translated to two other positions during the image acquisition in order to 

obtain additional angular coverage. Such a scanning mode of the system is compared to the 

case when the subject is stationary. In comparing the spatial resolution of the two scanning 

modes, both an infinitesimal and a finite x-ray source focal spot have been simulated. 

The proposed system presents another challenge in that traditional analytic reconstruction 

algorithms are not able to reconstruct it effectively because of the truncations and limited-

angle problems. Iterative reconstruction appears to be a suitable approach, despite the 

potentially long computation time. In most of our studies, a maximum-likelihood type 

iterative reconstruction algorithm, the ordered subsets convex (OSC) (Beekman and 

Kamphuis, 2001; Kamphuis and Beekman, 1998) was adopted. In chapter 4, we modified the 

OSC algorithm such that it works more efficiently and is able to save up to 30% of the 
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computation time. The resulting new algorithm was named the modified OSC (MOSC). It 

was examined and compared to the OSC algorithm in the proposed rotation-free micro-CT 

system with the ideal square geometry. 

The research presented here will show that the proposed micro-CT system can be 

effectively reconstructed using the OSC or the MOSC algorithm. The MOSC is up to 30% 

faster than the OSC and produces similar image quality. The ideal hexagonal geometry is 

superior to the square geometry in reducing limited-angle artifacts. However, it loses its 

advantages when gaps are introduced in the geometries. For either geometry, image quality 

degrades as the size of the gaps increases. We will also show that the scanning mode with 

subject translation is advantageous in reducing limited-angle artifacts while producing less 

isotropic point spread functions than the scanning mode with stationary subject. 
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2 BACKGROUND 

Over a century ago, the invention of x-ray opened up the door to medical imaging 

technologies. The “inner view” of a subject was generated for the first time under the 

exposure of x-ray radiation. Today, x-ray imaging, also called projection radiography, 

remains the most widely used imaging modality in medicine.  

Radiographs – images generated from projection radiography – are essentially shadows 

cast by the semi-transparent imaging subject illuminated by x-rays. In other words, they are 

the projections of all features along the x-rays’ path, which, as a result, become overlapped in 

the image. There is no way to distinguish the overlapping features from a single radiograph 

without additional information on the anatomy. This means that projection radiography 

intrinsically loses depth information and is not capable of resolving features along the 

projection paths.  

Projection radiography was revolutionized by the introduction of X-ray computed 

tomography (CT) in 1972 (Hounsfield, 1973; Hounsfie.Gn, 1973), which acquires a number 

of projection images from different angles around the imaging subject and reconstructs the 

subject in cross-sections. X-ray CT completely eliminated the overlaying artifacts that are 

prevalent on radiographs, presenting instead accurate cross-sectional views of three-

dimensional (3D) objects. Over the past few decades, the x-ray CT technology has 

undergone enormous development and has matured greatly as a powerful imaging modality. 

It is playing a valuable role in various clinical applications.   
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In this chapter, we first introduce the general principles behind x-ray CT technology. 

Next, we describe a category of x-ray CT that is specialized for small animal imaging, 

namely micro-CT. We then discuss in more detail a few aspects of x-ray CT that are most 

relevant to the scope of this study, including the x-ray sources, imaging geometries, 

reconstruction algorithms, and statistical models for x-ray CT. This chapter ends with a brief 

introduction to cardiac imaging, which is the assumed application of the micro-CT 

geometries proposed in this study. 

2.1 General principles of x-ray Computed Tomography (CT)  

X-ray CT produces cross-sectional images of the imaging subject based on a series of 

projection images taken around the subject from different angles. A typical x-ray CT system 

usually consists of a source that emits x-ray radiation, a detector for capturing the transmitted 

x-rays through the imaging subject, and a subject stage (a patient bed in the case of clinical 

CT). Most current x-ray CT systems utilize a rotational geometry – that is, either the subject 

stage or the source-detector gantry rotates around a fixed axis on a circular or helical orbit 

during the image acquisition. In this section, we will base our discussion on such a geometry; 

some of the non-traditional geometries will be discussed in section 2.4.  

2.1.1 X-ray radiation patterns 

The data acquisition of x-ray CT can be considered as an elaborate type of projection 

radiography – it collects a series of radiographs from different directions. However, 

radiography uses the natural, cone-shaped x-ray radiation and captures the transmitted 

images in two-dimensions (2D); in contrast, different x-ray CT systems employ different x-
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ray radiation patterns, which can be largely divided into three categories: parallel-beam, fan-

beam, and cone-beam.  

The earliest x-ray CT scanners used parallel-beam radiation – they confine the x-ray into 

narrow, pencil-shaped beams and scan the object in parallel fashion, as shown in figure 

2.1(a). Such a configuration is straightforward and convenient for implementing 

reconstruction algorithms; however, its drawbacks are obvious: the image acquisition is very 

time-consuming since a parallel-beam projection is formed by shifting the pencil-beam 

radiation in a parallel fashion within the transverse plane; besides, it only allows the 

reconstruction of a single 2D slice at a time.  

A fan-beam x-ray, as shown in figure 2.1(b), is generated by restricting the x-ray 

radiation in the axial direction so that the beam forms the appearance of a fan on a 2D plane. 

The fan-beam geometry is much more efficient than parallel beam because the x-ray beam 

can fully cover the 2D cross-section of the object. Like parallel beam CT systems, early fan-

beam CT systems used 1D detector arrays so that only a single cross-section image can be 

reconstructed at a time. Later, multi-slice fan-beam systems have been developed; they stack 
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(a)                                                     (b)                                                      (c) 

Figure 2.1.  X-ray radiation patterns: (a) parallel-beam, (b) fan-beam, and (c) cone-beam. 
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multiple rows of 1D detector array along the axial direction so that multiple 1D projection 

can be captured at each rotation angle and multiple 2D slices can be reconstructed after each 

rotation. 

Owing to the development of solid-state flat-panel detectors, the cone-beam radiation 

mode has emerged and the data acquisition became faster since then. Cone-beam radiation is 

an extension of fan-beam to the axial direction, the x-ray radiates from the point source 

divergently towards a 2D detector array, instead of a 1D detector array as in fan-beam case, 

forming a cone-shaped beam (figure 2.1(c)). This allows fan projections to be collected in a 

large axial range so that the projection data set of a 3D volume can be collected 

simultaneously, therefore the 3D volume can be reconstructed from a single scan, which 

substantially increases the imaging efficiency. 

2.1.2 Acquisition of image signal 

No matter which x-ray radiation pattern is used in the x-ray CT system, the detector 

response of an x-ray projection is the integration of transmitted x-ray beams long the x-ray 

paths. The detector intensity dI  at any point of the detector always follows the basic equation 

according to the fundamental photon attenuation law: 

,)(exp
0 




 ∫−= dssII
d

µ                                              (2.1) 

where 0I denotes the detector intensity measured without any subject in the field of view 

(FOV); )s(µ represents the object function that x-ray CT tries to visualize, which is the 

spatial distribution of linear attenuation coefficient of the imaging subject; s denotes the x-
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ray path. The integration ∫ dss)(µ  gives the total attenuation coefficient of the subject along 

the x-ray path. 

To be precise, )(sµ  is not only a function of spatial location, but also a function of the 

incident x-ray energy. Since the x-ray spectrum for CT is usually polychromatic, the detector 

response is actually the weighted integration over all the energy components of the x-ray 

beam (Lasio et al., 2007). In this case, the calculation would be much more complicated. 

Equation (2.1) has simplified the calculation by replacing the energy-dependent distribution 

of µ  by that at the effective energy, which is defined as the energy that, in a given material, 

will produce the same measured intensity from a monochromatic source as is measured using 

the actual polychromatic source (Prince and Links, 2006). Hence, the images reconstructed 

from x-ray CT are approximately the distribution of linear attenuation coefficients at the 

effective energy of the polychromatic source.  

Taking a log transform to the measured detector intensity dI  in equation (2.1), we obtain 

the following relationship: 

.)(ln
0

∫=







−= dss

I

I
g d

d µ
                                           (2.2) 

Here, dg is usually called the projection data. Note that, after such processing, the projection 

data is independent of the intensity of incident the x-ray beam, so that the variation in the x-

ray beam intensity will not affect the output images.  
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2.1.3 Radon transform and Sinogram 

Let us rewrite the linear attenuation coefficient distribution as a function of rectangular 

coordinates in a 2D plane, ),( yxµ . Consider a line integral through this object in this 2D 

plane with parallel x-ray beam; assume the line, ),( θlL , has distance l from the origin and 

angle θ with the x-axis, as illustrated in figure 2.2, then integration along this line, ),( θlg , 

can be written as: 

( ) .sincos),(),( ∫ ∫
∞

∞−

∞

∞−
−+= dxdylyxyxlg θθδµθ                    (2.3) 

The delta function in the above equation sifts the line ),( θlL  so that the integration is 

performed only along this line. The collection of ),( θlg  at all distance l and angle θ is called 

the 2D Radon transform of the function ),( yxµ . It relates the 2D distribution of linear 

attenuation coefficients to its projection data, and the inversion of the Radon transform 

produces the reconstruction of the 2D function.  
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Figure 2.2. Illustration of the line integral geometry in a 2D plane. 
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The 2D Radon transform can be visualized as a 2D image, by stacking the individual 1D 

projection data from each angle sequentially. Such an image is called a sinogram. Figure 2.3 

shows a simple object and its corresponding sinogram for 0 to 180° projection data. The 

horizontal axis of a sinogram represents the lateral location on the detector, while the vertical 

axis represents the projection angle. 

2.1.4 Tomographic reconstruction 

Now the question is, once we have a full collection of projection data, whether the 2D 

object function can be recovered or not. The answer is yes; and this fact is stated in the 

Fourier slice theorem, which relates the 1D projections of a 2D object and the 2D object 

itself in the Fourier domain. To derive this theorem, let us first take the 1D Fourier transform 

of the projection data with regard to the lateral distance l: 

 { } ,),(),(),G( 2
D1 ∫

∞

∞−

−== dlelglg
lj πρθθθρ F                      (2.4) 

                

Figure 2.3. A sinogram (left) of a simple object (right). The sinogram is formed by stacking projection 

data of the object taken from 0 to 180°. 
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where ),( θρG denotes the Fourier transform of ),( θlg with spatial frequency ρ. Now plug the 

expression of ),( θlg in equation (2.3) into above, and we get: 

.),(),G( )sincos(2

∫ ∫
∞

∞−

∞

∞−

+−= dydxeyx
yxj θθπρµθρ                  (2.5) 

On the other hand, the 2D Fourier transform of the object function ),( yxµ results: 

{ } ∫ ∫
∞

∞−

∞

∞−

+−== .),(),(),( )(2
D2 dydxeyxyxvuΜ yvxuj πµµF           (2.6) 

Observing the right hand side of equations (2.5) and (2.6) closely, we can easily find 

that they become the same if 

)7.2(

sin

cos





=

=

θρ

θρ

v

u

                                                   

is satisfied, which in turn results in the following relationship: 

).sin,cos(),( θρθρθρ MG =                              (2.8) 

This equation tells us that the 1D Fourier transform of the projection data is equal to the 

2D Fourier transform of the image evaluated on the line that the projection was taken on (the 

line that the integration ),( θlg was calculated from), as illustrated in figure 2.4. It follows that 

given a full set of projection data, the complete 2D Fourier transform of the image can be 

assembled, and, hence, the original image can be estimated by taking an inverse Fourier 

transform.  
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Although the Fourier slice theorem proved the invertibility of Radon transform and 

suggested a straightforward method for reconstructing the original image, this method is 

seldom used in practice due to several practical problems – it is impossible to obtain an 

infinite number of projections to form a complete 2D Fourier space; and it is difficult to 

interpolate the 1D Fourier transforms obtained on a polar coordinate system to a 2D 

rectangle coordinate system. 

The most widely used method for x-ray CT reconstruction is filtered back-projection 

(FBP). Starting from the 2D inverse Fourier transform in polar coordinates, its derivation is 

straightforward and is shown below: 

.),(),(
0

)sincos(2

∫ ∫
∞

∞−

+=
π

θθπρ θρρθρµ ddeMyx
yxj

                            (2.9)  

Equation (2.9) is the formula for the inverse Fourier transform calculation in polar 

coordinates )( θρ, ; the factor ρ in the integral is the determinant of the Jacobian of the change 
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Figure 2.4. Illustration of the Fourier slice theorem: the 1D Fourier transform of the projection data is 

equal to the 2D Fourier transform of the image evaluated on the line that the integration g(l,θ) was 

calculated from. 
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of variable from rectangular to polar coordinates. Then, the equation can be rearranged to the 

following form: 

.),(),(
0

sincos

2

∫ ∫
+=

∞

∞− 



=

π

θθ

πρ θρθρρµ ddeGyx
yxl

lj
                   (2.10) 

In the above equation, the term in the square bracket is the 1D inverse Fourier transform of 

the function ),( θρρ G , which can be considered as the projection data ),( θρG filtered by a 

high-pass filter, ρ . The filter is known as the ramp filter because of its appearance. The 

operation in the square bracket is usually called the “filtered back-projection” along angle θ; 

basically, it “smears” the projection data back to the image field along the line l. The final 

image is formed by integrating the “smeared” images at all angles.  

The filtration operation in equation (2.10) is sometimes conducted in the spatial domain, 

where the multiplication of the projection data and the filter becomes a convolution operation. 

This form of FPB algorithm is also called convolution back-projection and it is written as 

below: 

∫ ∫
∞

∞−
−+=

π
θθθθµ

0
)sincos(),(),( ddllyxclgyx .                  (2.11) 

Function )(xc in the above formula represents the inverse Fourier transform of the ramp filter. 

In practical implementations, )(xc has to be an approximation because the true ramp filter has 

no inverse Fourier transform. 

From equations (2.10) and (2.11) it is obvious that, for parallel-beam geometry, a rotation 

arc of 180° would result in a sufficient projection data set to reconstruct the image. 
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Theoretically, projections obtained beyond this angle are redundant because they are the 

mirror images of the projections with an offset of 180°. 

The parallel-beam FBP algorithm derived above can be easily adapted to fan-beam 

reconstruction, by transforming the parallel-beam parameter set to the fan-beam parameter 

set (Avinash C. Kak, 1988). Fan-beam geometries with circular detector (equiangular rays) 

and with planar detector (equidistance rays) result in different forms of reconstruction 

formulas, but both can be interpreted as weighted FBP algorithm. However, a 180° sampling 

arc would not be enough for fan-beam reconstruction any more. To guarantee that every 

point in the FOV is sampled over 180°, the source and detector has to rotate for another angle 

with is equal to the opening angle of the fan-beam (fan angle). Thus, the minimum rotation 

arc for fan-beam reconstruction is 180° plus fan angle. 

Cone-beam reconstruction is a more complicated issue than parallel- and fan-beam 

reconstructions. The cone-beam acquisition with a single circular orbit does not allow exact 

reconstruction, because the 3D FOV cannot receive sufficient angular coverage, even over a 

full 360° rotation arc, except for the central plane where the rotation orbit lies. Tuy has found 

that to achieve a complete set of projection data for cone-beam reconstruction, a more 

complicated imaging geometry has to be satisfied, which is known as the Tuy’s completeness 

condition and it is stated as: “if on every plane that intersects the object there exists at least 

one cone-beam source (focal) point, then one can reconstruct the object.” (Tuy, 1983) 

Even though the cone-beam reconstruction with a circular orbit can not be solved with an 

exact method, many approximate approaches were proposed for and, among them, the most 

widely used one is the FDK algorithm developed by Feldkamp, Davis and Kress (Feldkamp 
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et al., 1984). This algorithm is based on the equidistance fan-beam FBP formula, which is 

extended to 3D space by treating the cone-beam x-ray as a combination of many tilted fan-

beams with different angles.  

A number of other analytic reconstruction algorithms have been proposed for x-ray CT 

reconstructions, but the FBP based methods introduced above are simple and efficient so that 

they have been dominating in most practical x-ray CT systems. However, these methods 

usually can not provide satisfactory performance when the noise influence in the system is 

high. Moreover, it is difficult to incorporate more complex imaging geometries and more 

elaborate physical models into these analytic methods. In these situations, iterative 

algorithms are usually used. 

A typical iterative algorithm starts with an estimate image of the reconstruction. Its 

projections are computed (using even a very sophisticated physical model) and compared 

with those acquired by measurement. Based on the comparison, the estimate image is 

modified so that its projections become closer to the measured data. Then the algorithm 

iteratively repeats. The estimate image is updated in each iteration and, ideally, its 

projections converge to the measured data. Iterative algorithms are usually more 

computationally demanding than analytic algorithms, however, they have attracted more and 

more interest recently because of their advantages in handling high noise data, incomplete 

sampling, and projections with complex physical models. A more detailed review on 

reconstruction algorithms is provided in section 2.5. 
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2.2 Micro-CT 

Owing to the advances in genomics and cell biology, small animal models are developed 

to mimic various human diseases and they have proved to be valuable tools for the 

investigation of the underlying mechanisms of disease processes. They serve as the bridge 

between in vitro and in vivo studies for human diseases and potential treatments so that the 

efficacy of the human disease study is greatly increased. Medical imaging techniques play a 

crucial role in the small animal studies. Since most clinical imaging systems can not satisfy 

the resolution requirement for small animal imaging applications, specialized small animal 

imaging systems have been widely developed. 

Micro-Computed Tomography (Micro-CT) is an emerging tool for small animal imaging 

because of its high spatial resolution, low cost and capability of 3D imaging. It has obtained 

wide-spread application in a variety of small animal research areas. Various micro-CT 

systems have been developed by a number of different research groups, according to the way 

that they achieve the magnification required for high resolution, current micro-CT scanners 

 

Figure 2.5: Possible system configurations of a micro-CT scanner. The panels from left to right show the 

cone beam, optical magnification, and Bragg diffraction based micro-CT scanner (Ritman, 2004; 

Robinson et al., 2005; Stampanoni et al., 2002a).  
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usually fall into one of the three types of configurations (Ritman, 2004), as shown in figure 

2.5. 

Cone beam geometry, as shown in the left panel of figure 2.5, is the conventional way of 

achieving maginification, where a point source is used to project the subject to a larger area 

detector array (Ritman, 2004; Paulus et al., 2000; Flynn et al., 1994). With parallel x-ray 

sources, the magnification can be achieved by either using optic magnifier, such as a lens or 

a tapered fiber-optic coupling (middle panel) (Ritman, 2004; Stampanoni et al., 2002b), or 

using a Bragg interferometer to generate wavelength-specific diffraction (right panel) 

(Ritman, 2004; Robinson et al., 2005; Stampanoni et al., 2002a). 

A micro-CT system is not simply the scale-down of a normal CT. Since the imaging 

subject for micro-CT is much smaller in size than CT, the resolution requirement for micro-

CT is hence increased to a much higher level. When we proportionally scale down the 

resolution level of an adult human CT image to a micro-CT image of a mouse, the voxel size 

should be decreased to the order of (30 ~ 100 µm)
3
 (the voxel size of an adult human CT 

image is of the order of 1 mm
3
) (Ritman, 2004). To achieve high spatial resolution that is 

required for a micro-CT scanner, a number of issues should be considered, including the 

scanner geometry discussed above, the x-ray source, the detector, etc.  

The x-ray source of a micro-CT system is one of the most important factors that affect 

the image resolution. Since focal spot size of x-ray beam directly limits the image resolution, 

in most micro-CT systems, micro-focus x-ray sources are employed (Paulus et al., 2000; 

Flynn et al., 1994). For a bench top x-ray source that uses conventional thermionic emission, 

the focal spot size can go down to a few microns (Flynn et al., 1994; Gossl et al., 2006). 
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However, it is noted that the maximum power that can be applied to a micro-focus x-ray 

source with a stationary target is limited by the rate at which the heat can be dissipated, and 

the heat dissipation is proportional to the focal spot size (Flynn et al., 1994; Whitaker, 1988). 

Flynn et al (Flynn et al., 1994; Whitaker, 1988) observed that the maximum power in Watts 

for a micro-focus x-ray source with a stationary target is approximately 88.04.1 f , where f is 

the focal spot size in µm. Thus, with smaller focal spot size, the x-ray output power, and 

hence x-ray flux, is limited by this relationship; higher flux can be achieved at the cost of 

larger focal spot size. Therefore, in real applications, the trade-off between these two factors 

should be balanced. The power limit is less a problem for CNT FE x-ray sources. It is 

reported by Liu et al. that a higher tube current can be achieved when operating at 

comparable level of anode voltage and focal spot size as in the thermionic x-ray sources (Liu 

et al., 2006). More details on CNT x-ray tubes are introduced in section 2.3. 

Another type of widely used x-ray source for micro-CT is Synchrotron Radiation (SR). 

Owing to its high quality x-ray radiation, it has been applied into micro-CT systems by a 

number of research groups. The advantages of an SR source over bench top x-ray sources 

include their high intensity, high flux, capability of producing monochromatic spectra, small 

focal spot size, etc. With SR sources, image resolutions approaching 1 µm can be obtained, 

without the power limit described above, so that the scanning can be accomplished in a very 

short time (Engelke et al., 1989; Flannery et al., 1987; Flynn et al., 1994; Grodzins, 1983; 

Kinney et al., 1989; Stampanoni et al., 2002b). Besides, SR can provide monochromatic 

radiation at low energies (<50 keV), at which the photo-electric effect is more dominant than 
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Compton scatter in the x-ray-tissue interactions, therefore allowing better contrast for 

different soft tissue types (Dowseth et al., 1998). However, only very limited SR generating 

facilities are available in the world, which prevents them from wide-spread applications in 

general research. 

As far as the x-ray detection system is concerned, some bench-top micro-CT systems still 

use image intensifiers, which provide more rapid illumination of the imaging array and hence 

allow for more rapid scanning (Dowseth et al., 1998; Johnson et al., 1999), but more current 

systems employ a scintillator screen coupled to a charge-coupled device (CCD) (Castelli et 

al., 1994) either via an optical lens or fiber optics (Dowseth et al., 1998). The optical lens 

coupling is relatively less efficient than the fiber optic coupling but it is flexible for varying 

the magnification; on the other hand, the fiber optic coupling is much more efficient but the 

magnification is fixed. 

With all the technical advances in micro-CT, it has become a more and more attractive 

imaging modality for a variety of researchers. It has been used in many studies to show and 

monitor bone structures under different disease conditions (Jones et al., 2007; Recker et al., 

2007; Turnquist et al., 2007; Robinson et al., 2005). With the help of radiopaque indicators, 

such as iodine or barium, micro-CT systems can achieve high soft tissue contrast, which 

allows them to be widely used in the detection of diseases involved with soft tissue, such as 

lung tumors (Paulus et al., 2000; Kennel and Mirzadeh, 1998; Kennel et al., 1999a; Kennel 

et al., 1999b; Kennel et al., 1999c) and heart disease (Jones et al., 2007; Recker et al., 2007; 

Turnquist et al., 2007; Robinson et al., 2005; Brendzel et al., 2002). 3D microanatomy 

images obtained via micro-CT can also be used in molecular analysis research; for example, 
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they can be used to determine the accumulation of certain type of molecules in the tissue 

sample to make a meaningful comparison between animals (Ritman, 2004). 

2.3 CNT-based X-ray sources 

Conventional x-ray tubes use thermionic emission (TE) to generate electron beams. In 

thermionic emission, the cathode, usually a tungsten filament, is heated to a very high 

temperature, e.g. above 1000 ~ 2000°C (Sugie et al., 2001; Yue et al., 2002), so that electrons 

can obtain high enough energy to escape from the material. However, with the development 

of x-ray imaging techniques, the intrinsic limitations of thermionic x-ray tubes become more 

and more apparent. In general, thermionic x-ray tubes have a slow response time (Yue et al., 

2002), which limits their temporal resolution, especially for gated and dynamic imaging 

(Cheng et al., 2004; Zhang et al., 2005a); the electrons generated from TE are randomly 

distributed so that they can not be focused to a Gaussian distribution, which makes it difficult 

to reduce focal spot size and limits their imaging spatial resolution (Yue et al., 2002; 

Kawakita et al., 2006); thermionic tubes also have reduced service life because the hot 

cathodes usually get thinner and thinner over a long duration through the sublimation of 

oxides (Sugie et al., 2001; Yue et al., 2002). Besides, the high operating temperature of 

thermionic x-ray tubes requires an additional power supply for heating, which makes them 

large in size and increases power consumption (Sugie et al., 2001; Yue et al., 2002). 

In recent years, field emission (FE) x-ray tubes using carbon nanotubes (CNT) have been 

developed and are shown to be able to overcome many drawbacks of TE tubes (Sugie et al., 

2001; Yue et al., 2002; Nicolaescu et al., 2002; Zhang et al., 2005a; Zhang et al., 2005b; 
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Kawakita et al., 2006; Liu et al., 2006; Cheng et al., 2004). Unlike TE tubes, FE tubes use a 

cold cathode to generate electrons and their output current is voltage controllable (Sugie et al., 

2001; Yue et al., 2002); CNTs are more stable and robust than metal materials (Sugie et al., 

2001; Yue et al., 2002) and are found to be promising field emitters (Bonard et al., 1999; 

Collins and Zettl, 1997; Nilsson et al., 2000; Saito et al., 1999; Wang et al., 1998b). The 

schematic of a CNT x-ray tube is shown in figure 2.6 (Yue et al., 2002). CNT x-ray tubes 

possess a number of advantages over conventional TE tubes. They have an instantaneous 

response time so that they can generate x-ray radiation with significantly high temporal 

resolution of up to nano-seconds (Cheng et al., 2004). The low divergence of field emitted 

electrons and the Gaussian-distributed x-ray intensity generated from FE tubes result in better 

spatial resolution (Cheng et al., 2004) – the effective spatial resolution of a CNT based micro-

Computed Tomography (CT) system is shown to be less than 30 µm (Sugie et al., 2001; Yue 

 

Figure 2.6: The schematic of a CNT x-ray tube. The single-wall carbon nanotubes (SWNTs) coated 

on a metal substrate were used as the cathode. The gate electrode is a metal mesh 50–200 µm away 

from the cathode. Electron emission is triggered by the voltage applied between the gate and the 

cathode. X-ray is produced when the emitted electrons were accelerated and bombarded on the 

copper target. (Yue et al., 2002) 
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et al., 2002; Nicolaescu et al., 2002; Zhang et al., 2005a; Zhang et al., 2005b; Kawakita et al., 

2006; Liu et al., 2006; Cheng et al., 2004). Operating at room temperature, the cold cathode 

of CNT tubes are much more stable than hot cathodes, which allows them to have much 

longer life time. Without the additional power supply for heating, CNT tubes have the 

potential to be constructed as compact, portable imaging devices (Sugie et al., 2001).  

CNT x-ray tubes have shown their potential in various imaging applications. Several 

groups have obtained high quality x-ray radiography with CNT tubes for industrial or 

biological objects (Sugie et al., 2001). Cheng et al have generated short pulses of x-ray 

radiation with durations of milliseconds using CNT tubes and applied them for x-ray 

radiography of fast moving objects or for gated imaging of live objects (Cheng et al., 2004). 

Well-resolved images obtained from their works show great potential for dynamic imaging 

using CNT tubes. Zhang et al developed a multi-beam field emission x-ray source (MBFEX) 

by making use of the compact size of CNT field emitters; from the tomosynthesis 

reconstruction of an object with overlapped planes, different layers can be clearly identified 

(Zhang et al., 2005b). Later, Lalush et al obtained better tomosynthesis images with higher 

quality by improving the reconstruction algorithms for MBFEX (Lalush et al., 2006a; Lalush 

et al., 2006b). Another important application of CNT x-ray sources is in micro-CT. Zhang, 

Liu et al have built a microfocus micro-CT system based on CNT sources with a rotating 

sample stage and obtained desirable reconstructions (Liu et al., 2006; Zhang et al., 2005a). In 

this work, multi-beam CNT sources are also applied into micro-CT systems but with a 

motion-free geometry. 
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2.4 X-ray CT imaging geometries 

2.4.1 Rotation based CT geometries with single source 

The imaging geometries of CT scanners have been changing over the years. Most of the 

scanners achieve their angular sampling based on circular rotation with a single x-ray source. 

    (a)                                                                    (b) 

 
      (c)                                                                   (d) 

Figure 2.7. Four generations of incremental CT machines. (a) First generation linear and rotating pencil 

beam system; (b) linear and rotating fan beam system; (c) rotation only (tube and detectors) wide angle 

fan beam system; (d) fourth generation 360° detector ring-rotating tube system. (Dawson and Lees, 

2001) 
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Depending on their source and detector configurations and the required motions, they largely 

fall into several generations, as illustrated in figure 2.7.  

The first generation, which was also the earliest design, of CT scanners used a single-cell 

detector and a source that was collimated to produce a narrow, pencil beam radiation and was 

aligned with the detector. The lateral projections were sampled by linearly translating the 

source-detector pair across the subject, which resulted in a parallel-beam projection. Upon 

the completion of one projection set, the source-detector pair was rotated to the next angle 

and the lateral sampling was repeated. 

The imaging geometry of the second generation scanners was similar to the first 

generation, except that a wider x-ray beam and multiple detector cells were used. In this 

design, multiple projection rays with different angles could be captured at the same time at 

each position, so that the same angular sampling of the subject could be achieved with fewer 

rotations. Thus, the scan time can be substantially reduced. 

The third generation scanners brought another significant improvement in scanning 

efficiency by removing the translational motion that was used in the first and the second 

generation scanners. They employed a wide array of detector cells, which, together with the 

fan-beam x-ray radiation, covered the entire 2D cross-section of the subject such that allowed 

the simultaneous measurement of the fan-beam projection of the subject. Thus, the only 

motion necessary to this design was the rotation of the source-detector gantry. Today, most 

CT scanners used in clinic are based on the third generation scanner geometry. 

The fourth generation scanners were designed to avoid some of the problems, such as 

ring artifacts, that appeared in the third generation scanners. They replaced the wide 
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rotational detector array by a ring-shaped detector encircling the subject, so that the detector 

can be kept stationary during the image acquisition. The source was mounted inside the 

detector ring and was the only rotating part in the geometry. Simultaneous fan-beam 

projections were also acquired in these scanners. Thus, compared with the third generation 

scanners, the fourth generation canners maintained similar imaging speed with reduced 

motion, and therefore lower system complexity. On the other hand, since the ring-shaped 

detector required a larger acceptance angle, the fourth generation scanners have a major 

drawback that they are more sensitive to scattered radiation. 

With a single circular rotating orbit, the CT scanners described above are only able to 

collect the projection data for a single cross-sectional slice from a single 360° rotation. In 

order to obtain the projection data of other slices, the rotational scanning has to be stopped, 

the subject translated along the axial direction, and then the scanning restarted at the new 

position, namely the “step-and-shoot” fashion. The invention of spiral/helical CT has 

completely changed this situation. With spiral/helical scanners, the source and detector keep 

 
Figure 2.8. Illustration of the spiral/helical CT scanning geometry. (Kalender, 2006). 
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the same rotation movement as the four generations of CT scanners described above; during 

the source/detector rotation, the subject is continuously translated along the axial direction of 

the subject, which results in a spiral/helical trajectory of the source relative to the subject, as 

illustrated in figure 2.8. Such geometry enabled continuous collection of 3D volumetric data 

without slowdown of the rotation movement, which greatly speeds up the imaging process of 

3D volumes. 

2.4.2 Rotation-free and multi-source CT geometries 

Through the development of the x-ray CT scanner, there have existed several motion-free,  

or arrayed-source systems that resemble the geometries proposed in this dissertation. One of 

them is the electron beam CT (EBCT) scanner, which was originally motivated for ultra-fast 

scanning for dynamic cardiovascular imaging. EBCT was first developed in 1979 at the 

University of California at San Francisco (UCSF) (Boyd et al., 1979) and brought to medical 

applications by the Mayo clinic (Breen et al., 1992; McCollough et al., 1995). Unlike 

conventional CT, EBCT does not use a rotational x-ray tube; instead, it uses a specially 

 

Figure 2.9: Schematic cross-section view of the electron beam CT scanner developed in UCSF (Robb 

et al., 1983; Peschmann et al., 1985). 
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designed x-ray tube which has a large, ring-shaped anode and x-rays are generated by 

sweeping the electron beam, within the vacuum tube, through the anode ring. A schematic of 

the EBCT system is shown in figure 2.9. In a EBCT scanner, the four target rings lie in the 

gantry below the patient and the electron beam is bent electromagnetically onto one of the 

four target rings (Peschmann et al., 1985; Suetens, 2002; Boyd et al., 1979; Haimson, 1979). 

Each sweep of the target ring requires 50 ms, with 8-ms delay to reset the beam (Peschmann 

et al., 1985; Suetens, 2002; Boyd et al., 1979; Haimson, 1979). 

The dynamic spatial reconstructor (DSR), developed in 1983 at Mayo clinic, was also 

designed for ultrafast cardiac imaging (Robb et al., 1983). Similar to our design, DSR 

employes an array of x-ray tubes (consisting of 14 tubes), aligned along a semi-circle with 

very large diameter; the detectors, including a fluorescent screen and 14 video imaging 

 

Figure 2.10: Scanning geometry of the dynamic spatial reconstructor (Robb et al., 1983). 
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systems, are attached to the opposite semi-circle, as shown in figure 2.10. To achieve high 

temporal resolution reconstructions, the entire scanner is kept stationary and the x-ray tubes 

are pulsed one by one rapidly to obtain fast angular sampling. The scanner can also be 

rotated mechanically over a limited angle in order to achieve better spatial resolution (Robb 

et al., 1983). 

Although both of the two CT scanners have achieved certain degrees of success in 

dynamic cardiac imaging, they are not widely used today. Two significant drawbacks of both 

of them are their vastly larger size and much higher cost than conventional CT scanners. 

The idea of employing multiple x-ray sources in a CT scanner has also been proposed 

elsewhere even earlier than the introduction of DSR, although with a rotational, instead of a 

stationary, scanning mode. In a patent published in 1980, Berninger and Redington described 

“a multiple source, rotating, tomographic x-ray scanner” (Berninger and Redington, 1980), in 

which a plurality of x-ray sources are employed. The sources can be arranged either along 

       

Figure 2.11: Scanning geometries of the multiple sources CT scanner proposed by Berninger and Redington, 

with multiple rotatable detectors (left) or a fixed detector ring (right) (Berninger and Redington, 1980). 
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the axial direction of the subject to improve the axial coverage, or within a transaxial plane to 

reduce the scanning time of a single slice, so that improve the temporal resolution. In 

conjunction with the multiple sources, such a system can either use multiple rotatable 

detector arrays, each opposite to one of the sources, or use a fixed detector ring. The number 

of sources typically chosen was 3, 5, or 7; the geometries with 3 sources are shown in figure 

2.11.  

Only in recent years, such a rotational, multi-source CT geometry was realized in 

commercial scanners. Siemens introduced a dual-source CT (DSCT) scanner equipped with 

two x-ray sources and two corresponding detectors (Flohr et al., 2006; McCollough et al., 

2007).  The two sets of source-detector pairs are mounted, with an angular offset of 90°, on a 

rotating gantry, as shown in figure 2.12. Since the two sets of source-detector pairs can 

acquire projection data simultaneously, the total scanning time for a fixed volume is reduced 

to roughly half of a single source system, so that the temporal resolution can be improved by 

a factor of 2. Further improvement in temporal resolution may be achieved by employing 

 

Figure 2.12: Geometry of the dual-source CT system introduced by Siemens. (Flohr et al., 2006; 

McCollough et al., 2007) 
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three or more sources in the system, but with a cost that may prevent them from widespread 

applications (Wang et al., 2008).  

2.5 Reconstruction algorithms for x-ray CT 

2.5.1 Limited-angle problem 

Generally, Computed Tomography (CT) uses projection data obtained from all around an 

object to reconstruct the cross-section structure of the object. However, in some applications, 

such as in dental radiology, surgical imaging, thorax imaging and mammography (Rantala et 

al., 2006), only a few projection images are taken. In some situations, the few projections are 

taken sparsely, but all around the object, which is called “sparse full angle data”; in some 

other situations, the few projections are taken from a limited angle of view, which is called 

“limited-angle data”; also, there is the “sparse limited-angle data” situation, as illustrated in 

figure 2.13 (Siltanen et al., 2003). The motion-free, linear-array source micro-CT system that 

proposed in this dissertation belongs to the “limited-angle data” case.  

Because of the lack of information in the projection data, the reconstruction of a limited-

angle system is an ill-posed problem (Rangayyan et al., 1985). For such cases, standard full-

 

Figure 2.13: Illustration of four different choices for data collection in transmission tomography (Siltanen et 

al., 2003). 
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data reconstruction algorithms, such as filtered backprojection (FBP), do not work well any 

more and they usually produce severe artifacts in the reconstructions (Rangayyan et al., 1985; 

Delaney and Bresler, 1998; Hanson and Wecksung, 1983; Hebert and Leahy, 1989; Lange, 

1990; Siltanen et al., 2003). A number of different reconstruction algorithms have been 

designed for the limited-angle problem; most of them use an iterative method. Based on the 

reconstruction model used, here we divide the iterative algorithms into two categories: non-

statistical methods and statistical methods. 

2.5.2 Non-statistical reconstruction algorithms 

For reconstructing a limited-data problem, many algorithms are designed to compensate 

for the missing data before the reconstruction procedure. The iterative reprojection 

reconstruction (IRR) algorithm imposes a consistency constraint and uses the method of 

successive substitutions to estimate the missing projections. This consistency constraint 

requires the reprojection of an image reconstructed from the observed data augmented by the 

observed projections be consistent with the observed data (Nassi et al., 1982; Ollinger, 1990). 

Constraints are applied directly on the sinogram; they are based on a priori knowledge about 

the object size, non-negativity and the upper limit of the pixel values. Having the estimated 

missing data, the image is reconstructed with convolution-back-projection. Ollinger et al  

showed that the IRR algorithm can be derived as a maximum likelihood method using the 

EM algorithm, which will be discussed in the following subsection, and that the consistency 

constraint can be relaxed such that they assume that the means of the observed data 
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augmented with the estimated projections form a consistent data set (Nassi et al., 1982; 

Ollinger, 1990). 

The constraint Fourier reconstruction (CFR) algorithm is one of the representative 

Fourier space methods. Similarly with the IRR algorithm, it estimates the missing projection 

data by imposing a constraint, but the constraint is applied in the Fourier space (Fujieda et al., 

1990; Karp et al., 1988). Compared with IRR, CFR is a more practical approach; also, it 

provides better convergence and requires less computation, especially for geometries with a 

large gap (Fujieda et al., 1990; Karp et al., 1988). There are many other algorithms that are 

based on the same idea of completing the missing data before reconstruction and their details 

can be found in (Kudo and Saito, 1991; Prince and Willsky, 1990; Soumekh, 1986). 

A significant drawback of this type of method is that, through the process of estimating 

the missing data, no additional information is introduced; however, errors tend to accumulate 

at each stage of the iterative procedure. Furthermore, the convergence mechanism of these 

algorithms is not well defined (Andersen, 1989). 

Unlike IRR and CFR, the algebraic-type reconstruction techniques compensate for the 

missing data during, instead of prior to, the reconstruction procedure. The reconstruction of 

these methods is performed iteratively by solving a simple system of linear equations. The 

algebraic reconstruction technique (ART) solves for the image function from a set of ray-

sum equations which represent the projection line integrals. The simultaneous algebraic 

reconstruction technique (SART) improved the algorithm by combining correction terms 

from all rays within a projection before the image function is updated (Andersen, 1989). 
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Another totally different type of reconstruction method is the projection onto convex sets 

(POCS). POCS is an iterative signal recovery algorithm and can be used in a wide variety of 

applications. Generally, it finds a solution that is consistent with available data and prior 

constraints. Allowable constraints imposed by data and prior knowledge are those that can be 

associated with convex sets; and the unknown signal must lie in the intersection of all the 

constraint sets (Peng and Stark, 1989; Kudo and Saito, 1991; Youla and Webb, 1982).  

2.5.3 Statistical reconstruction algorithms 

Statistical methods has become an attractive tool for image reconstruction for both 

emission and transmission tomography. These algorithms, such as the Maximum Likelihood 

Expectation Maximization (ML-EM) (Shepp and Vardi, 1982; Lange and Carson, 1984), 

consider the image acquisition as a random process and all the variables involved in the 

process as random variables. The randomness reflects our uncertainty of their actual values 

and the degree of uncertainty is coded in the probability distributions of these random 

variables (Siltanen et al., 2003). Compared with analytical inversion methods, these 

algorithms have a number of merits: they are more robust to noise and truncations of the 

imaging object (Beekman and Kamphuis, 2001; Gilland et al., 2000; Manglos, 1992); they 

are easy to be implemented into various imaging geometries because no explicit expression 

for inversion transforms is required (Beekman and Kamphuis, 2001; Gilland et al., 2000; 

Manglos, 1992); since the nature of photon transport can be accurately incorporated in these 

algorithms, they provide an excellent framework for correcting for photon scatter (Beekman 

and Kamphuis, 2001; Gilland et al., 2000; Manglos, 1992); in addition, they provide better 
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contrast for low-count data (Beekman and Kamphuis, 2001; Gilland et al., 2000; Manglos, 

1992; Wang et al., 1998a). 

The earliest statistical reconstruction algorithm is the ML-EM (or EM), which was 

originally designed for emission computed tomography (Shepp and Vardi, 1982; Lange and 

Carson, 1984) and was later adapted by Lange and Carson for transmission CT (Shepp and 

Vardi, 1982; Lange and Carson, 1984). However, the computational cost of the transmission 

version of EM algorithm is too high for most applications because it involves the calculation 

of a large number of line integrals of short segments (Lange and Fessler, 1995). Instead, a 

more popular type of statistical reconstruction algorithm for transmission CT is the Bayesian 

based method, which incorporates extra information into the statistical model used in the 

reconstruction (Hanson and Wecksung, 1983; Hebert and Leahy, 1989; Lange, 1990; 

Siltanen et al., 2003; Green, 1990).  

In these Bayesian methods, the unknown random variables are evaluated in a probability 

distribution function, the “posterior density function”, which is conditioned on the measured 

data; and a prior term with known information is employed in the posterior density. The most 

popular tools for solving for the unknown variables are the maximum a posteriori (MAP) 

estimate and the conditional mean (CM) estimate (Siltanen et al., 2003). For both approaches, 

the crucial factor that affects the quality of reconstruction is the choice of the prior term 

(Siltanen et al., 2003). There are a number of different prior models that have been applied in 

various studies, such as the Gibbs priors (Lalush and Tsui, 1992, 1993), the generic Gaussian 

priors (Kaipio et al., 1999), the impulse noise priors (Donoho et al., 1992), reparametrized 

priors (Kolehmainen et al., 2000), structural priors (Kaipio et al., 1999), Markov random 
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fields (MRF) priors (Dobson and Santosa, 1996), etc. Each of these priors has its advantages 

and drawbacks, and may be successful for certain applications. A detailed review of the 

principles and performances of the priors can be found in (Siltanen et al., 2003). 

Among these, Lange and Fessler developed a convex algorithm, which employed a Gibbs 

smoothing prior to the MAP estimation (Lange and Fessler, 1995). The convex algorithm 

resembles the EM algorithm but they showed that it is considerably more efficient than EM 

(Lange and Fessler, 1995). Later, the efficiency of the convex algorithm was further 

increased to a much higher level by using ordered subsets of projection data (Hudson and 

Larkin, 1994), and the resulting algorithm is called the ordered subsets convex (OSC) 

(Beekman and Kamphuis, 2001; Kamphuis and Beekman, 1998). A similar algorithm, the 

block-iterative transmission (BIT), was developed by Lalush and Tsui (Lalush and Tsui, 

2000). They showed that BIT produces nearly identical results as OSC with a savings in 

processing time (Lalush and Tsui, 2000). In our applications, these two algorithms are 

implemented in the proposed imaging systems and their performances will be discussed in 

section 4. 

2.6 Statistical model for x-ray CT 

As discussed in the previous section, many iterative reconstruction algorithms consider 

the physics of x-ray imaging as a statistical process; many reconstruction algorithms were 

developed based on the statistical models (Hanson and Wecksung, 1983; Hebert and Leahy, 

1989; Lange, 1990; Lange and Fessler, 1995; Siltanen et al., 2003). Most of these algorithms 

assume that the x-ray spectra used in the imaging systems are monochromatic and the 



 38 

detectors are photon-counting. Therefore, the simple Poisson statistics were applied for 

modeling the x-ray emission and detection process. For a mean number of detected photons 

of K , the probability of measuring k photons on the detector under simple Poisson statistics 

is given by: 
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However, in most CT systems, the x-ray sources are usually polychromatic and the 

detection of x-ray signal is an energy integrating process (Lasio et al., 2007; Whiting et al., 

2006). Accounting for these facts, Lasio et al. and Whiting et al. generated a more realistic 

statistical model for CT projections. They simulated the x-ray spectra as bremsstrahlung 

radiation with characteristic x-rays; the probability density function for the energy-

integrating detector is modeled as a compound  Poisson distribution. If we assume that the 

contribution of each photon on the detector is proportional to the photon energy, the random 

variable of the measured photon is given by (Lasio et al., 2007):  
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where ξ  is a proportionality constant, K is the total number of photons detected and Ek is the 

energy of the kth photon. Given the polyenergetic spectrum )(Ev , the compound Poisson 

distribution can be written as below: 
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where k and K represent, respectively, the measured photons and the mean number of 

incident photons and K can be calculated by: 

( ) .
0∫=
kVp

dEEvK                                                  (2.15) 

In equation (2.14), Kkv ⊗)/( ξ represents the K-fold autoconvolution of the transmitted 

spectrum. The mathematical derivation of the compound Poisson statistics can be found in 

(Whiting, 2002). 

It is shown that, since the statistical reconstruction algorithm is based on a simple Poisson 

distribution, the mean values assumed by the algorithm have an mismatch with the simulated 

data and the mismatch is the largest source of image degradation; but they also showed that, 

when the mismatch of mean values is appropriately compensated for, the image degradation 

can be almost completely removed from the reconstructions (Lasio et al., 2007; Whiting et 

al., 2006). In this study, the statistical model described above was simulated for the proposed 

micro-CT system. 

2.7 Cardiac imaging with CT 

Heart disease has been one of the most important causes of death in the US and Europe 

for decades. Therefore, noninvasive techniques for imaging the heart and for early diagnosis 

of heart disease are in urgent demand. However, imaging of the heart with CT faces special 

difficulty compared with other CT applications: the inevitable cardiac motion during the 

imaging process results in the inconsistency of the projection data, which therefore 

significantly degrades the image quality. To obtain high fidelity reconstructions of the heart, 
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temporal resolution of less than 100 ms is desirable, but such temporal resolution is hard to 

achieve with current CT techniques.  

With the special stationary acquisition design, Electron-beam CT (EBCT) was able to 

achieve temporal resolution of less than 100 ms, as described in section 2.4.2, producing 

motion-artifact-free images of the heart. However, EBCT suffers from several intrinsic 

disadvantages – poor longitudinal resolution, degradation caused by scattering, and 

insufficient signal-to-noise ratio (Flohr and Ohnesorge, 2008) – which prevented its wide-

spread application for cardiac imaging. With its much higher cost than conventional CT 

scanners, EBCT scanners have almost disappeared from the medical imaging market.  

The popular approach for cardiac imaging with conventional CT,  i.e. non EBCT, is 

based on phase-selective scanning. In such approach, the CT scanning is synchronized with 

an electrocardiographic (ECG) measurement of the patient and the reconstruction is 

performed using projection data obtained only within a specified window in a cardiac cycle 

(Kachelriess and Kalender, 1997, 1998; Flohr et al., 2002; Flohr et al., 2003). The data 

collection window is usually defined as a percentage between the R-R interval (diastolic 

phase) in the patient’s ECG trace. Two different scanning modes have been used for the 

ECG-synchronized cardiac imaging: the ECG-triggered sequential scanning and the ECG-

gated spiral scanning (Flohr et al., 2005). 

In ECG-triggered sequential scanning, the heart volume is covered by subsequent 

transverse scans with a so-called step-and-shoot technique – at each transverse position, the 

scanner rotates and collects projection data; then, the patient stage steps to the next 

transverse position, and the data acquisition is repeated at the new position. At each 
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transverse position, a partial scan (180° + fan-angle) is triggered after a certain offset of the 

onset of the patient’s R-wave (Flohr et al., 2002; Flohr et al., 2003). With limited number of 

detector rows, such scanning mode bears the disadvantage of uncontinuous volume coverage, 

so that the reconstruction of the entire volume of the heart is subject to the misalignment of 

transverse slices reconstructed from different acquisition steps. However, with the advent of 

area detectors large enough to cover the entire volume of the heart with cone-beam x-ray 

radiation, ECG-triggered  cardiac imaging in a single heart beat without movement of the 

table becomes possible (Endo et al., 2001; Kondo et al., 2005; Mori et al., 2004; Mori et al., 

2006a; Mori et al., 2006b).  

In ECG-gated spiral scanning, the heart volume is covered continuously by a spiral scan. 

During the spiral scanning, the patient’s ECG signal is recorded at the same time. All the 

acquired projection data are matched to the patient’s ECG trace and only those segments that 

are acquired in a predefined cardiac phase, usually the diastolic phase, are used for image 

reconstruction (Kachelriess and Kalender, 1997, 1998; Kachelriess et al., 2000). With multi-

slice detectors, the reconstruction of the heart still consists of several image sections that are 

acquired in multiple consecutive heart beats. The basic principles of the ECG-gated spiral 

scanning with single-slice and multi-slice acquisitions are illustracted in figure 2.14. 

Compared with ECG-triggered scanning mode, ECG-gated spiral scanning has the drawback 

of higher patient dose because data is acquired during the entire caridac cycle, whereas in 

ECG-triggered scanning mode, data is only acquire during selected phase. In order to reduce 

patient dose in ECG-gated spiral scanning, ECG-controlled dose modulation methods have 

been developed. The arrayed-source imaging geometries that are proposed in this dissertation 
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also provide a solution for reducing dose because the CNT sources surrounding the subject 

are individually addressable and can be triggered only at desired time intervals and at desired 

angles. 

 

In this dissertation, we study the imaging properties of the arrayed-source micro-CT 

system. Based on arrays of CNT x-ray sources, the proposed imaging system is identical to 

 
(a) 

 
(b) 

Figure 2.14. Principles of single-slice (a) and multi-slice (b) ECG-gated spiral scan (Kachelriess and 

Kalender, 1998; Flohr et al., 2005). 



 43 

other CT systems since it requires no rotation of the subject or the source-detector gantry 

during the imaging process so that facilitats gated cardiac imaging and has the potential to 

reduce dose. In chapter 3, we present two different geometries of this system and their 

imaging properties are compared. The reconstruction of this system was performed by a 

statistical iterative reconstruction algorithm, i.e. Ordered-Subsets Convex. In chapter 4, an 

accelerated version of this reconstruction algorithm is developed and its application in the 

proposed micro-CT system is discussed. A more realistic situation for the proposed system, 

in which gaps appear between the source arrays and the detectors, is dicussed in chapter 5. 

Further, a commercial micro-CT scanner based on the idea of arrayed-source geometry that 

we proposed is studied and its performance is presented in chapter 6. 
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3 THREE-DIMENSIONAL IMAGING PROPERTIES OF ROTATION-FREE 

SQUARE AND HEXAGONAL MICRO-CT SYSTEMS 

This work is submitted to the journal IEEE Transactions on Medical Imaging. 

 

3.1 Introduction 

In recent years, x-ray tubes that are based on field emission (FE) from carbon nanotubes 

(CNT) have been developed. Compared with conventional thermionic emission x-ray tubes, 

they possess a number of advantages for applications in micro-CT, including higher spatial 

resolution, higher stability, and longer lifetime (Sugie et al., 2001; Yue et al., 2002; 

Nicolaescu et al., 2002; Zhang et al., 2005a; Zhang et al., 2005b; Kawakita et al., 2006; Liu 

et al., 2006; Cheng et al., 2004). Since the CNT tubes use a cold cathode to generate 

electrons instead of a hot cathode as in thermionic emission (TE) tubes, they have an 

instantaneous response time and can generate x-ray radiation with significantly high temporal 

resolution of up to nanoseconds (Cheng et al., 2004).  

CNT x-ray tubes have been implemented into various imaging systems (Sugie et al., 

2001). Among them, the short-pulse x-ray radiography study conducted by Cheng et al 

reveals great potential of CNT tubes for dynamic imaging (Cheng et al., 2004). A multi-beam 

tomosynthesis system built with multiple compact size CNT sources has also been 

successfully developed and reconstructed (Zhang et al., 2005b; Lalush et al., 2006a; Lalush et 

al., 2006b). CNT tubes have been implemented into a micro-CT system with a rotating 

sample stage; desirable reconstructions have been obtained (Liu et al., 2006; Zhang et al., 

2005a).  
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There are a few examples of motion-free CT systems in the literature. Mayo Clinic has 

developed the dynamic spatial reconstructor (DSR) (Robb et al., 1983), which uses multiple 

X-ray sources; similar approaches to large-scale distributed-source tomography have been 

developed in electron-beam CT (EBCT) (McCollough et al., 1995). In this study, we propose 

rotation-free micro-CT geometries, which share some similarity with EBCT and DSR, but 

utilize linear arrays of CNT sources in the system. 

The proposed geometries make use of the unique properties of CNT x-ray tubes, such as 

their ultra-short switch time, their compact size, and the ease of electronic control. Unlike 

most current micro-CT systems, which achieve angular sampling by either rotating the object 

or rotating the gantry (Bartling et al., 2007), our geometries do not require any rotation in the 

system (Quan and Lalush, 2005, 2007). Instead, linear arrays of CNT sources are arranged 

around the object to obtain angular coverage from different directions. Since each of the CNT 

sources is individually addressable, the rotation of the object or the gantry is replaced by 

switching on the sources one by one. With the ultra-short switch time of CNT sources, the 

temporal resolution of such micro-CT systems may be higher than rotational micro-CT 

systems, as long as the detector frame-rate can be fast enough. The short x-ray pulses will 

also result in lower dose than continuous x-ray exposures. The rotation-free geometries will 

facilitate gated imaging for live animals; multiple x-ray sources involved in the geometries 

enable the possibility of doing multiplexing, which may further increase the imaging speed 

(Zhang et al., 2006; Lalush, 2008). Being free of mechanical rotations, the proposed 

geometries should be more reliable than the rotational micro-CT systems. 
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3.2 System Description 

Two geometries for the rotation-free micro-CT system are proposed: a square geometry 

and a hexagonal geometry. In both geometries, a total of 90 CNT x-ray sources are 

implemented and they are distributed into linear arrays. In the square geometry, two 10 cm 

long linear arrays of CNT x-ray sources, each consisting of 45 sources, form the two 

contiguous sides of a square in the transaxial plane; and two 10 cm (width) × 10 cm (height) 

area detectors form the other two sides of the square. The central transaxial plane of the 

square geometry is shown in Figure 3.1(a). The primary field of view of this system is 

estimated to be a cylinder with 3.2 cm diameter and 3.4 cm height, indicated by the “mouse 

3.2 cm 

diameter 

mouse 

holder

source array (north)

10 cm detector (south)

s
o

u
r
c

e
 a

r
r
a

y
 (

w
e

s
t)

1
0

 c
m

 d
e

te
c

to
r
 (

e
a

s
t)

3.2 cm 

diameter 

mouse 

holder

3.2 cm 

diameter 

mouse 

holder

source array (north)

10 cm detector (south)

s
o

u
r
c

e
 a

r
r
a

y
 (

w
e

s
t)

1
0

 c
m

 d
e

te
c

to
r
 (

e
a

s
t)

     

3.2 cm 

diameter 

mouse 

holder

10 cm

s
o

u
rc

e
 a

rr
a

y
 (

w
e
s
t)

sourc
e a

rr
ay 

(n
orth

-w
est)

source array 

(south-w
est)

detector 

(north-east)

d
e
te

c
to

r
 (

e
a
s

t)

dete
cto

r 

(s
outh

-e
ast)

3.2 cm 

diameter 

mouse 

holder

10 cm

s
o

u
rc

e
 a

rr
a

y
 (

w
e
s
t)

sourc
e a

rr
ay 

(n
orth

-w
est)

source array 

(south-w
est)

detector 

(north-east)

d
e
te

c
to

r
 (

e
a
s

t)

dete
cto

r 

(s
outh

-e
ast)

 

(a)                                              (b) 

Figure 3.1. (a) The square geometry in the central transaxial plane. Two source arrays form two contiguous 

sides of a square, and two detectors form the other two sides. (b) The hexagonal geometry in the central 

transaxial plane. Three source arrays form three contiguous sides of the hexagon and three detectors form 

the other three sides. The imaging object is supposed to be at the center of the square/hexagon, within a 3.2 

cm diameter mouse holder. 
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holder” in the center of the square. Similarly, in the hexagonal geometry, three 5.77 cm long 

source arrays, each consisting of 30 sources, and three 5.77 cm (width) × 10 cm (height) area 

detectors form a hexagon in the transaxial plane of the system, which is shown in Figure 

3.1(b).  

By flashing the sources on the source arrays individually, the imaging object is sampled 

from different directions. For the square geometry, the projection data are collected from the 

opposite source-detector pairs, that is, the north source array-south detector pair and the west 

source array-east detector pair; since the oblique source-detector pairs (the north source array-

east detector pair and the west source array-south detector pair) result in low source-detector 

efficiency due to the large oblique projection angles, we do not consider them. In comparison, 

the hexagonal geometry mitigates the oblique-angle problem so that it has increased detection 

area: the west source array projects to all three detectors; the north-west source array projects 

to the east and the south-east detectors; the south-west source array projects to the east and 
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Figure 3.2. Sinogram maps of the square geometry (left) and the hexagonal geometry (right). The 

shaded area represents the sampled points and the blank area gives the missing data. Each individual 

“diamond” corresponds to one source-detector pair. The vertical lines indicate the expected field of 

view. 
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the north-east detectors.  

As stated previously (Quan and Lalush, 2005, 2007), such a system does not achieve 180-

degree angular sampling for every point in the field of view (FOV), as shown in the sinogram 

maps in Figure 3.2, which demonstrates the angular coverage over the central transaxial plane 

of the geometries. The unfilled areas on the sinogram maps represent the unmeasured 

(missing) data. At our 3.2 cm effective FOV, the square and the hexagonal geometries are 

missing 16% and 10% of the complete tomographic data, respectively. The effect of the 

incomplete angular sampling on the reconstructed images is one of the major objectives of 

this study; since the hexagonal geometry has improved angular sampling, fewer limited-angle 

artifacts are expected to result from the hexagonal geometry than from the square geometry. 

Note also that the two geometries are missing different portions of the complete angle set – 

the missing angles in the square geometry are mostly around the two diagonals of the square 

(±45°), whereas that in the hexagonal geometry are mostly around the north-south axis of the 

hexagon (±90°). This difference will result in a variation in the orientations of the artifacts, 

which will also be explored in this study. 

It should be noted that higher-order polygon configurations are possible. In the limit, the 

configuration becomes two semi-circles: one of sources and one of detectors. Analysis of the 

limiting semi-circle case, however, shows that its angular sampling is only slightly improved 

as compared to the hexagon case. Thus, we have not considered polygons of order greater 

than six as they would offer little improvement over the hexagon. 
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3.3 Method 

3.3.1 Computer simulations 

The projection process of the proposed imaging system was simulated by a unique 

simulation tool developed by Segars et al (Segars et al., 2005). This simulation tool generates 

projections based on line integrals of the intersections between projection rays and structures 

in the phantom, which are defined by non-uniform rational b-spline surfaces (NURBS) 

(Segars et al., 2004). Each structure defined in the NURBS phantom is given a tissue type 

and has variable attenuation coefficient for different x-ray energy levels. Monochromatic 

projections of such phantoms are calculated based on the attenuation coefficient of each 

tissue type at the specific energy level. Polychromatic projections are generated assuming 

energy-integrating detectors, and are calculated as the sum of the monochromatic projections 

corresponding to each energy component in the spectrum, weighted according to the photon 

intensity of each energy component. This simulation tool is advantageous in modeling the 

compound Poisson noise model proposed by Lasio et al (Lasio et al., 2007), which is 

considered to be a more realistic noise model than the simple Poisson model for x-ray CT.  

A polychromatic spectrum was generated for the simulations, which corresponds to a 

molybdenum source at 40kVp, filtered by a 0.25 mm beryllium window and a 0.4 mm 

aluminum window (Cranley and Gilmore, 1997); it consisted of 80 energy components, 

spaced at 0.5 keV. This spectrum was used for studying the artifacts and noise in the 

reconstructions. For the study of spatial resolution, a 40keV monochromatic spectrum was 

used. 
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The projection simulations accounted for square-law decrease in x-ray flux as well as 

reduced detector efficiency for x-ray angle of incidence. The sources and detectors were 

otherwise considered ideal; no focal spot or detector resolution effects were modeled. Cone-

beam projections were applied in our simulations for both geometries. The phantoms used in 

our study are all defined by NURBS surfaces and are not pixelized. The detector bin size for 

both geometries was 200 µm square. Projection data of the phantoms were generated on two 

area detectors, each with a 512×512 grid, for the square geometry, and three area detectors, 

each with a 296×512 grid, for the hexagonal geometry. 

3.3.2 Reconstruction 

The proposed geometries were reconstructed with an adapted version of the ordered subset 

convex (OSC) algorithm (Kamphuis and Beekman, 1998), which is a maximum-likelihood 

based iterative reconstruction algorithm for x-ray CT. A fast ray-tracing technique was 

implemented into the projection/backprojection model (Han et al., 1999); this technique 

avoids the image rotations involved in the reconstructions when source arrays are switched, 

which is important for a fair comparison between the two proposed geometries (Quan and 

Lalush, 2007). Ten subsets were used in the reconstructions of both geometries, 9 views per 

subset for the square and 21 for the hexagon. Images were reconstructed on 256×256×400 

grids with 125 µm voxel size; reconstructions were saved at 5, 10, 15 and 20 iterations. 
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3.3.3 Image artifact comparisons 

One of the key aspects to be investigated for the proposed system is the limited-angle 

artifact, which was studied by measuring the mean squared error (MSE) in the uniform 

background areas of the reconstructions. A three-dimensional (3D) nylon cylinder phantom 

with 3 cm diameter and 6 cm height was generated by the NURBS technique. Within the 

uniform cylinder, thirteen 1 mm Al2O3 spheres were inserted symmetrically in three 

  

 (a) 

 

 

(b) 

Figure 3.3. Illustrations of the phantoms used in the simulations. (a). The central axial (left) and 

transaxial (right) views from the multi-sphere phantom; (b). The central coronal (left), sagittal (middle), 

and transaxial (right) views of the MOBY phantom. The images are obtained from the filtered 

backprojection reconstructions from an ideal rotational CT. 
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transaxial planes in the cylinder, as shown in Figure 3.3(a). Both the nylon cylinder and the 

multi-sphere phantoms were reconstructed from the two geometries. The error in the 

background caused by the spheres was obtained by subtracting the reconstructions of the two 

phantoms and then multiplying the difference by a mask that preserves only the uniform 

background voxels. The error images were then squared to generate the MSE images. The 

total MSE values in each MSE image corresponding to 5, 10, 15, and 20 iterations for both 

geometries were calculated and compared.  

The effects of limited-angle artifacts were also studied with the MOBY phantom shown in 

Figure 3.3(b); it is a NURBS-defined realistic mouse phantom (Segars et al., 2004). Since the 

two geometries are missing different portions of the sampling angles, the orientation of the 

limited-angle artifacts in the reconstructions are different; on the other hand, since the 

structures in the mouse are not symmetrically oriented as in the multi-sphere phantom, the 

artifact level in the reconstructions is dependent on the orientation of the mouse. For this 

reason, we varied the orientation of the mouse for 12 different directions within 180-degrees, 

uniformly spaced at 15-degrees, and performed simulations with the polychromatic spectrum 

for each of the orientations in both geometries. Reconstructions saved at 5 iterations of OSC 

were obtained for each direction. Using the filtered-backprojection (FBP) reconstruction of 

the mouse phantom obtained from a rotational-CT system as the “true” image, the MSE 

images in the uniform soft tissue regions in the mouse were obtained. The total MSE values 

for each case were calculated from the MSE images.  
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3.3.4 Spatial resolution measures 

The spatial resolution of the system was evaluated by measuring full-width at half-

maximum (FWHM) of point spread functions (PSF) located at different axial and transaxial 

locations within the FOV. Twenty-five point objects were inserted into a uniform cylinder 

phantom; each point object was defined as a 125 µm sphere, consisting of Al2O3, and the 

cylinder was 3 cm in diameter and 6 cm high, consisting of water. The 25 point objects were 

distributed in 5 equally spaced transaxial planes in the cylinder. On each of the 5 planes, the 5 

points were located, respectively, at the center, and the four corners in the FOV. The PSFs of 

the two geometries were obtained by subtracting the reconstruction of the cylinder phantom 

from the reconstruction of multi-point phantom. The transaxial resolution at each location 

was measured by the average FWHM of each PSF within the transaxial plane based on the 

following equation: 

,
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where angle represents the direction of FWHM measurement within the transaxial plane; 180 

angles were uniformly sampled over 180-degrees. The axial resolution was measured by the 

FWHM of each PSF along the axial direction. We also measured anisotropy, which quantifies 

the variation of transaxial FWHM within the plane. It was calculated by: 
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where 
)(FWHMMax

angle and 
)(FWHMMin

angle are, respectively, the maximum and minimum FWHM of the 

PSF within the transaxial plane.  

3.3.5 Noise performance study 

   For the noise performance analysis, 100 realizations of independent compound Poisson 

noise were simulated into the projection data (Lasio et al., 2007). Noise was based on 

exposure of 0.001 mAs for each of the sources in the two geometries; since the two 

geometries have the same total number of sources, such simulation resulted in the same total 

exposure of the two geometries. A uniform water cylinder phantom, as described above, was 

used in this study. Reconstructions of the phantom were obtained for each noise realization 

from the two geometries and were saved at 5, 10, 15, and 20 iterations. Variance images were 

calculated by computing the variance of each pixel over the 100-image ensemble. To study 

the spatial variation of noise level in the FOV, 25 cubical regions in the variance images were 

selected; each region consisted of 1,000 pixels and corresponded to one of the point objects 

in the multi-point phantom described above. The average variance in each of the 25 regions 

was calculated; the resolution-noise trade-off curves were plotted based on the FWHM values 

at each point and the average variance at the corresponding region. 

3.4 Results 

3.4.1 Image artifacts 

Reconstructions of the multi-sphere phantom from the two geometries are shown in Figure 

3.4; the grey levels of the images are windowed to reveal the details in the background. As 
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expected, the reconstructions from the two geometries are generally consistent with the 

phantom, except for some streaking artifacts around the spheres, which result from the 

limited-angle feature of the geometries, and some degree of beam-hardening artifacts. Since 

the missing angles in the square geometry are around the diagonals, the streaking artifacts are 

mostly along these directions; for the same reason, the streaking artifacts in the hexagonal 

reconstructions are mostly along the vertical direction. The overall artifacts were quantified 

1 cm above central plane 

 square hexagon 

 
central plane 

 square hexagon 

 

Figure 3.4. Transaxial slices from the reconstructions (saved at 5 iterations) of the multi-spheres 

phantom from the square (left column) and the hexagonal (right column) geometries. The axial locations 

of each set of slices are marked above the images. 
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by taking the total MSE value in the MSE image. As shown in Figure 3.5, the total MSE 

value of the hexagonal reconstructions is much lower than that of the square reconstructions, 

which is consistent with our expectation since the hexagonal geometry has better angular 

coverage than the square geometry; however, the difference between the two geometries 

reduces as the reconstruction algorithm iterates more. 

The degree of limited-angle artifacts apparent in the reconstructions of the MOBY 

phantom is dependent on the orientation of the mouse. Figure 3.6 compares the 

reconstructions obtained when the mouse is facing the north and the north-west corner. When 

the mouse is facing the north, its ribs, which are the major source of the streaking artifacts, 

are mostly aligned along the north-south direction, at which the square geometry has full 

coverage of the mouse whereas the hexagonal geometry is missing angular coverage. This 

resulted in fewer streaking artifacts in the square reconstructions than in the hexagonal 
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Figure 3.5. Mean squared error in the uniform background regions in the reconstructions of the multi-

sphere phantom from the square and the hexagonal geometries at different numbers of iterations. This is 

a quantitative measure of the error due to the limited-angle artifacts. The differences between the two 

geometries are marked beside each group of bars. 
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reconstructions at this phantom orientation.  However, when the mouse is facing the north-

Mouse facing the north 

 

square 
 

 

hexagon 
 

(a) 

Mouse facing the north-west corner 

 

square 
 

 

hexagon 
 

(b) 

Figure 3.6. Reconstructions of the MOBY phantom from the square and the hexagonal geometries when 

the mouse is facing the north (a) and the north-west corner (b). Columns from left to right: the central 

coronal views, central sagittal views, and central transaxial views from the reconstructed images saved 

at 5 iterations. 
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west corner, the ribs are along the angles at which the square geometry is missing angular 

coverage whereas the hexagonal geometry has full coverage. Therefore, the degree of artifacts 

in the reconstructions from the two geometries shows the opposite situation as when the 

mouse is facing the north. On average, the MSE in the uniform soft tissue region of the 

reconstructions in the hexagonal geometry is 4.4% lower than that in the square geometry. A 

thorough plot of the total MSE values versus the angle of the mouse is shown in Figure 3.7. 

The hexagonal design exhibits reduced artifacts, except at certain orientations. This suggests 

the angular orientation of features in the imaging object should be optimized for best 

performance.  

3.4.2 Spatial resolution 
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Figure 3.7. Mean squared error in the uniform background regions in the reconstructions of the MOBY 

phantom versus phantom orientations for the square and the hexagonal geometries. This is a measure of 

streaking artifacts due to limited-angle acquisition. The angle increments counter-clockwise. The data 

are obtained from 5 iterations. 
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The axial FWHM of the north-west PSFs at the five axial positions and the transaxial 

FWHM of the five PSFs in the middle axial plane are shown in Figure 3.8. For both the axial 

and transaxial FWHMs, the two geometries are mostly similar; at some point locations, one 

of the two geometries is slightly higher than the other, yet at others, it is the opposite; on 
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Figure 3.8. The axial FWHM of the PSF at the north-west location in each axial slice (a) and the 

average transaxial FWHM of the PSFs in the central axial slice (b) in the reconstructions from the 

square and the hexagonal geometries. The data are obtained from 5 iterations. 
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average, the hexagonal geometry is 1.4% higher, but their differences are generally not 

significant.  

Both of the two geometries produce anisotropic PSFs and the anisotropy of PSFs varies 

throughout the FOV. As shown in Figure 3.9, the PSF at the center of the transaxial plane is 

the least anisotropic for both of the two geometries; the north-east and south-west PSFs of the 

square geometry, and the north-west and south-west PSFs of the hexagonal geometry are 

most anisotropic, probably because they receive most non-uniform magnifications from 

different source array-detector pairs.  

3.4.3 Noise performance 

The average variances of the selected cubical regions in the variance images obtained from 

multiple noise realizations are summarized in Figure 3.10. Note that noise levels are 

measured for the same total exposure of sources in each geometry. The relationship between 
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Figure 3.9. The anisotropy of PSFs in the transaxial plane, 0.575 cm from the central plane. Data 

obtained from 5 iterations. 
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the two geometries is quite similar along the axial direction, so only the data from the middle 

slices is shown. The average variance from both geometries varies at different transaxial 

locations, but the hexagonal geometry varies less than the square geometry; furthermore, the 

hexagonal geometry has lower variance at all the regions observed. This is probably a result 

of the increased effective detection area, hence increased photons collected by the detectors, 

in the hexagonal geometry. 

Figure 3.11 shows the resolution-noise trade-off curves at the central plane of the FOV for 

the two geometries; other regions show similar trends. The resolution is represented by the 

axial/transaxial FWHM of the central PSF and the noise is represented by the average 

variance of the corresponding region. The curves are plotted based on the data obtained at 5, 

10, 15, and 20 iterations in the reconstruction algorithm. Note that the curves from the two 

geometries are very close to each other, especially for the axial FWHM versus variance 
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Figure 3.10. The average variances at different regions in the central transaxial plane. Data obtained 

from 5 iterations. 
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curves; neither of the curves is obviously closer to the origin than the other, which means that 

the two geometries have comparable performance in resolution-noise trade-off. 

3.5 Discussion 

As shown above, both proposed geometries produce streaking artifacts in the reconstructed 

images; compared with the square geometry, the hexagonal geometry results in fewer 
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Figure 3.11. The resolution-noise trade-off curves for the two geometries represented by the axial 

FWHM(a)/average transaxial FWHM(b) versus the average variance in the central region of FOV. 
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streaking artifacts as long as the dense features in the phantom are not aligned along the 

missing sampling angles in the geometry. Although it is difficult to further reduce the amount 

of streaking artifacts, because of the intrinsic limited-angle nature of the rotation-free micro-

CT systems, this study suggests that the streaking artifacts can be minimized by optimizing 

the orientation of the subject. 

We note also that the proposed geometries would make scatter rejection extremely 

difficult, if not impossible. This may be the price to be paid for a rotation-free system, and 

future work will examine the effect of scatter in this system. 

The system geometries studied here are admittedly ideal. In real world realizations of the 

proposed system, ineffective margin areas will exist on one or both ends of the detector 

and/or the source arrays. These margin areas cause gaps between the sides of the square as 

well as hexagonal geometries, and therefore reduce the angular coverage of the system. 

Future work will study the effect of gaps on image quality from the two systems. 

3.6 Conclusion 

We have shown that the proposed rotation-free micro-CT system, with square and 

hexagonal geometries, can be reconstructed effectively in 3D by using the iterative 

reconstruction algorithm OSC. Some degree of streaking artifact, due to the insufficient 

angular coverage of the system, was observed in the reconstructed images; in general, the 

hexagonal geometry produces fewer streaking artifacts than the square geometry. As a result 

of the spatially-variant angular coverage, the spatial resolution and noise level of the two 

geometries show slight variations throughout the FOV. The hexagonal geometry produces 



 71 

slightly worse resolution but better noise level, which results in a similarity in noise-

resolution trade-off of the two geometries. We conclude that the two geometries have 

comparable noise-resolution performance for the rotation-free micro-CT system, but the 

hexagonal geometry is superior in reducing streaking artifacts. 
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4 A FASTER ORDERED-SUBSET CONVEX ALGORITHM FOR ITERATIVE 

RECONSTRUCTION IN A ROTATION-FREE MICRO-CT SYSTEM 

This work is published in the journal Physics in Medicine and Biology, 54 (2009) 1061–1072. 

4.1 Introduction 

The FDK algorithm (Feldkamp et al., 1984) has been widely used for reconstructing 3D 

x-ray cone-beam computed tomography (CT) systems when the basic assumptions for 

tomographic imaging are satisfied. However, in non-traditional imaging geometries where 

truncations occur or only limited projection data are collected, FDK does not work well. 

Other exact or approximate analytic reconstruction algorithms have been proposed for some 

of these situations (Sidky et al., 2006; Katsevich, 2002; Wang et al., 2007) but they are less 

efficient than FDK; efficient algorithms are only derived for some specific loci just recently 

(Wang et al., 2008). 

It has been well noted that iterative algorithms based on statistical models are not only 

flexible for implementing into various non-traditional imaging geometries, but also able to 

produce better image quality than analytic algorithms, especially in cases of high noise and 

truncations (Beekman and Kamphuis, 2001; Gilland et al., 2000; Manglos, 1992). These 

algorithms have been widely used in emission CT reconstructions, but their applications in 

transmission CT are very limited, mainly because of the high computational cost for 

reconstructing images of large scale in transmission CT systems.  

Many studies have been performed seeking fast, efficient iterative reconstruction 

algorithms for transmission CT, and a number of algorithms have been proposed, including 
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the convex algorithm (Lange and Fessler, 1995), the ordered-subset convex (OSC) algorithm 

(Kamphuis and Beekman, 1998), the ordered subsets transmission (OSTR) algorithm 

(Erdogan and Fessler, 1999), and the block-iterative transmission (BIT) algorithm (Lalush 

and Tsui, 2000). The latter three algorithms are all based on the ordered-subsets technique 

(Hudson and Larkin, 1994), which processes the projection data by subsets, thus increasing 

the efficiency of reconstruction. Among them, the OSC algorithm has been evaluated by 

several groups and has been shown to be able to reconstruct transmission data efficiently with 

high image quality and signal-to-noise ratio (Kamphuis and Beekman, 1998; Beekman and 

Kamphuis, 2001; Lalush and Tsui, 2000; Kole and Beekman, 2005; Ziegler et al., 2007). 

In this paper, we present an algorithm that further accelerates the OSC algorithm without 

degrading its image quality. This algorithm, named modified OSC (MOSC), modifies the 

calculation of the normalization term in the OSC algorithm so that the computational cost in 

each iteration is reduced by roughly 30%. By implementing the MOSC algorithm into a 

limited-angle micro-CT system, we observe that it produces almost identical reconstructed 

images to OSC and results in hardly any degradation in spatial resolution and noise level. In 

the following sections, we will first introduce the derivation of the MOSC algorithm. Then, 

we describe our simulation method with OSC and MOSC algorithms in a previously-

proposed linear source array micro-CT system (Quan and Lalush, 2005). In the next section, 

we compare the reconstructed images with MOSC and OSC in terms of artefacts, resolution, 

and noise variance. At the end we provide discussions and conclusions. 
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4.2 The MOSC algorithm 

The OSC algorithm can be written as follows: 
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where old

iµ and new

iµ are the attenuation coefficient value in pixel i before and after update, 

respectively; ijh denotes elements of the matrix H which performs the projection operation 

from the image space to the projection space; jI denotes the measured data in a projection 

bin j and jI0 is the blank scan data, the data measured without any subject in the imaging 

field. The parameter t is a variable step size parameter; in our implementations, t is always 

set to one. Sn denotes the nth subset of projection views. 

In this expression of the algorithm, the numerator of the update term calculates the error 

between the estimated projection and the measured data; the denominator of the update term 

is a normalization term, which is obtained from a backprojection of the product of the 

estimated projection (the first term in parentheses in the denominator) and the estimated 

detection intensity (the second term in parentheses in the denominator). This normalization 

term is updated in each iteration. 

In this algorithm, there are one projection and two backprojection operations for each 

projection view processed. One of the two backprojections is for calculating the 

normalization term. Thus, about one third of the computation is spent on the normalization 
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term in each iteration. However, it was observed that the value of the normalization term 

does not change much after the first few updates, so we modified the algorithm such that the 

normalization term is only calculated at the beginning of the iterative process in order to save 

computational cost.  

The pre-calculated normalization term in the MOSC algorithm can be written as: 

( ) )2(/log 0∑
∈ nSj

jjjij IIIh  

where the measured data, jI
, approximates the estimated detection intensity, corresponding 

to the second term in parentheses in the denominator in equation (1); the log transform of the 

measured projection data, 
)/log( 0 jj II

, is an approximation to the estimated projection, 

corresponding to the first term in parentheses in the denominator in equation (1). 

As a result, the equation for the MOSC algorithm becomes:  
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With this form of the normalization term, we can calculate it before the iterative process. 

Thus, during the iterative process, only one projection and one backprojection operations are 

required for each iteration, instead of one projection and two backprojections. Since 

projection and backprojection operations usually involve same amount of computation, 

roughly one third of the computational cost can be saved.  

Since the MOSC algorithm uses a log transform of the measured projection data to 

calculate the normalization images, it may encounter problems if zero intensity is collected in 
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some of the detector bins. To avoid this problem, zeros in the measured projection data are 

substituted by 0.05, which is an arbitrarily chosen value that is much lower than the regular 

measured value. The algorithm is examined under an extremely high-noise situation and no 

significant impact from the substitution is observed in the reconstructed images, as presented 

in section 4. 

4.3 Method 

To evaluate the performance of the MOSC algorithm in transmission CT reconstruction 

in comparison with OSC, we implemented the two algorithms into a simulated micro-CT 

system and measured the reconstructed images from different aspects. 

4.3.1 Imaging geometry 

The algorithms are applied to a dense linear source array X-ray micro-CT system that we 

proposed previously (Quan and Lalush, 2005). This imaging system consists of two arrays of 
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Figure 4.1. Geometry of the proposed rotation-free micro-CT system. Two source arrays form two contiguous sides 

of a 10 cm square and two detectors form the other two sides. Each source array consists of 50 X-ray sources. The 

primary field of view is at the center, indicated by the “3.2 cm mouse holder”. 
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X-ray sources and two detectors, which form the four sides of a 10 cm square, as shown in 

figure 4.1. Each source array consists of 50 sources, spaced at 2 mm. The X-ray sources for 

this proposed system are based on carbon nanotubes and are individually addressable (Zhang 

et al., 2005). Angular sampling of this system is achieved by pulsing the individual sources 

one at a time. The primary field of view is indicated by the “mouse holder” at the center of 

the square. Projection data are collected from the opposite source array-detector pairs (the top 

source array to the bottom detector and the left source array to the right detector); we do not 

consider the oblique source array-detector pairs (the top source array to the right detector and 

the left source array to the bottom detector) because the large oblique projection angles from 

these source-detector pairs will result in low beam intensity and low detector efficiency. The 

reconstruction of such a system has the “limited-angle” problem that the angular sampling 

does not cover the entire field-of-view and the missing angles of coverage vary for different 

points in the field-of-view. 

4.3.2 Computer simulations 

Tomographic data were generated from the imaging system described above by computer 

simulations. The imaging phantom used in the simulations was the MOBY phantom (Segars 

et al., 2004), which is a computerized, realistic mouse modeled by non-uniform rational b-

splines (NURBS) surfaces. The phantom is not pixelized; instead, the structures and organs 

of the mouse are defined as various NURBS surfaces and each surface is given a specific 

tissue type. To observe the point spread functions of the system reconstructed by the two 
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algorithms, another version of the MOBY phantom was created by adding twenty five 125 

µm point objects at different axial and transaxial positions to the original MOBY phantom. 

The projection images of the mouse phantom were generated with a unique projection 

algorithm (Segars et al., 2005). This algorithm calculates the line integral for the structures in 

the phantom (defined as NURBS surfaces) based on their attenuation coefficients derived 

from material properties for individual monochromatic energies. To generate polychromatic 

projection, each energy component in the polychromatic spectrum is sampled; the 

monochromatic data are weighted according to the photon intensity of each energy 

component and are summed together to produce the polychromatic projection. In our 

simulations, cone-beam projections of the mouse phantoms were generated at a scale of 

512×512 with 200 µm detector bin size for each source on the source arrays; blank scan 

images for each source were also generated using a phantom consisting of air.  

The projection/backprojection model used in the MOSC and OSC iterative reconstruction 

procedures was the warping technique (Zeng et al., 1994), in which the image space is 

warped such that the fan-beam or cone-beam x-ray passing through the image space is 

converted into parallel beam; then, the projection and backprojection procedures are 

conducted in the parallel beam space. By doing this, the calculation and storage of 

projection/backprojection matrices are avoided. Also, the reconstruction used a model that 

was completely different than the simulation. 

Both monochromatic and polychromatic data were simulated and reconstructed at 

256×256×400 grids with 125 µm pixel size; the initial estimate image used in reconstructing 
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the phantom was a uniform cylinder which covers the trunk of the mouse. Ten subsets were 

used for both reconstruction algorithms; reconstructed images were saved from 5, 10, 15, and 

20 iterations. Reconstructions were performed on dual-core Xeon compute nodes with 

2333.504 MHz Intel Xeon Processors in a Linux Cluster; each processor has 8 GB RAM. 

4.3.3 Image measurements 

For observing spatial resolution, noise-free projection data were generated with a 40 keV 

monochromatic spectrum. The point spread functions (PSFs) were obtained by subtracting 

the reconstructions of the original MOBY phantom from the reconstructions of the MOBY 

phantom with point objects. The 3D PSFs were examined by measuring the average full-

width at half-maximum (FWHM) within the transaxial plane as well as the FWHM along the 

axial direction. The average transaxial FWHM gives the FWHM of a point spread function 

averaged over 180 degrees within the transaxial plane in which the point lies; it was 

calculated by: 

anglesofnumbertotalthe

)(FWHM

FWHMtransaxialaverage

∑
=

angle

angle

. 

To generate polychromatic projection data, a spectrum corresponding to a molybdenum 

source at 40kVp, filtered by a 0.25 mm beryllium window and a 0.4 mm aluminum window 

was used (Cranley and Gilmore, 1997); it consists of 80 energy components, spaced at 0.5 

keV. Reconstructions were obtained with OSC and MOSC. To evaluate the consistency of 

the reconstructed images with the phantom and to quantify the artefacts, the average mean 

squared error (MSE) at the uniform soft tissue region in the noise-free reconstructions was 
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calculated. To get the standard image for calculating the error, a rotational-CT with parallel 

beam was simulated with a 40 keV monochromatic energy and was reconstructed with the 

filtered-backprojection (FBP) algorithm; in this case, the reconstruction was essentially 

artefact-free and can well approximate the true phantom with attenuation coefficients at 40 

keV. Then, it was scaled to the same attenuation coefficient level in a uniform soft-tissue 

region of the polychromatic data, and was used as the standard in calculating the MSE in the 

reconstructions with OSC and MOSC. 

To examine the noise response, two noise levels have been studied: one is the regular-

noise case, in which 1×10-3 mAs was simulated for the current/time for each source; the 

other is an extremely-high-noise case, where 1×10-6 mAs was simulated. The latter case may 

not be realistic in actual imaging processes; we used it to study the impact of high noise on 

the two algorithms. The projection algorithm models noise by simulating Poisson noise to the 

projection data at each individual energy level, scaling each spectral component to model an 

energy integrating detector, and then summing the projection data over the spectrum. This 

represents the model proposed by Lasio (Lasio et al., 2007). For both noise levels, 100 

independent noise realizations were simulated; reconstructions were generated from each of 

the noisy projection data sets.  

Variance images of the reconstructions resulted from the 100 noise realizations were 

obtained by the following calculation: 
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where irecon represents the reconstructed image from each noise realization. Average 

variances at selected uniform regions throughout the FOV were compared for the two 

algorithms; each region consists of approximately 1,600 pixels and the location of which 

correspond to one of the point objects that were added to the MOBY phantom. The average 

variances were also compared for different tissue types, including bone, soft tissue, and the 

lung. Noise-resolution trade-off curves for the MOSC and OSC algorithms were plotted 

according to the average variance and FWHM data of reconstructions obtained at different 

numbers of iterations.  

4.4 Results 

    The difference in the normalization term between the OSC and MOSC algorithms was 

validated. The plot in figure 4.2 shows the percentage deviation of the OSC normalization 
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Figure 4.2. The percentage deviation of the OSC normalization images from the corresponding MOSC 

normalization image with regard to the number of updates (10 subsets per iteration) for an example reconstruction.  
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images from the corresponding pre-calculated MOSC normalization image with regard to the 

number of updates during the iterative process (10 subsets per iteration were implemented in 

both algorithms). The maximum deviation occurred right after the first update (1st subset in 

the 1st iteration), which resulted in over 90% deviation between the two normalization 

images. However, their difference quickly reduced to below 35% after the second update 

(2nd subset in the 1st iteration), and after the first iteration, the difference was further 

reduced to below 10% and continued dropping gradually as iterations continue. After 5 

iterations, their difference was less than 5%. This observation shows that the OSC 

normalization term approaches the pre-calculated MOSC normalization term during the 

iteration process. 

    

 OSC MOSC 

OSC MOSC OSC MOSC 

OSC MOSC 

  

(a)                                                                           (b) 

Figure 4.3. Coronal views (top row) and transverse views (bottom row) in the central plane from the 

reconstructions of the MOBY phantom with OSC and MOSC from (a) the 40keV monochromatic 

spectrum and (b) the 40kVp Molybdenum polychromatic spectrum (both from 5 iterations). Dimensions of 

both reconstructions are 256×256×400 with a pixel size of 0.0125 cm. The coronal views only show the 

central 272 slices.  
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Reconstructions with OSC and MOSC from both monochromatic and polychromatic 

noise-free data are shown in Figure 4.3. Both algorithms reconstructed the phantom 

effectively; similar levels of polychromatic artefacts are observed in the reconstructions with 

OSC and MOSC. There are also some streaking artefacts in the reconstructions, which are 

probably caused by the insufficient sampling problem of the rotation-free imaging geometry. 

From the axial and transverse image profiles and the percentage difference images shown in 

Figure 4.4, the reconstruction from the MOSC algorithm is almost quantitatively identical to 

that from the OSC algorithm; the largest differences in the reconstructions are observed in 

the anatomic boundaries of the subject and low-intensity regions (i.e. lungs).   
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Figure 4.4. (a). Axial profiles (left) and transaxial profiles (right) from the polychromatic reconstructions 

with OSC and MOSC (both from 5 iterations). Locations of the profiles are marked in the inserted images. 

(b). Percentage difference images of the OSC and MOSC reconstructions that are shown in figure 4.3(b), 

displayed on a 0-20% scale. Left: coronal view; right: transverse view.  
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Figure 4.5. Mean squared error in soft tissue in the reconstructions with OSC and MOSC. 

The average MSE in the uniform background regions of the reconstructions show that 

reconstructions with the two algorithms produce similar level of errors compared to the “true 

image”. As shown in figure 4.5, the average MSE values for MOSC are generally lower at all 

iteration numbers; as the number of iterations increases, the two algorithms become more and 

more close.  

Figure 4.6 shows the average transaxial and axial FWHM of the PSF at the center of FOV 

for OSC and MOSC. PSFs located at other positions through out the FOV show similar 

trends. It is observed that the two reconstruction algorithms produce almost the same level of 
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Figure 4.6. The average transaxial FWHM (left) and axial FWHM (right) of the PSF at the center of FOV 

in the monochromatic reconstructions with MOSC and OSC at 5, 10, 15 and 20 iterations. 
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spatial resolution. At any numbers of iterations, the differences in the FWHM values between 

the two sets of reconstructions are less than 2%. At lower numbers of iterations, the FWHM 

of MOSC tends to be slightly higher but, when more iterations are taken, it becomes almost 

equal to the FWHM of OSC.  

Figure 4.7 shows the reconstructed images from the projection data with simulated 

regular- and extremely-high-noise; the average variances of five regions in the FOV are 

overlaid on the corresponding positions in the images. Since the imaging geometry has varied 

angular coverage within the FOV, there is some degree of variation in the average variances 

at the five regions. MOSC and OSC show similar variations throughout the FOV; in the 
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Figure 4.7. The central transverse views from the reconstructions with MOSC and OSC from 

projections with simulated Poisson noise. Top: regular-noise (1×10
-3

 mAs per source); bottom: 

extremely-high-noise (1×10
-6

 mAs per source). The average variances (scaled by 10
6
) calculated from 

100 noise realizations for five different regions are marked on each image. All images and variance data 

shown are obtained from 5 iterations. 
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regular-noise case, the variation of MOSC is generally lower, whereas in the extremely-high-

noise case, the variation of MOSC becomes higher.  

The noise statistics were also studied for different tissue types in the phantom, including 

soft tissue, bone, and the lung. As shown in Figure 4.8, in the regular-noise situation, the two 

algorithms do not differ much – for soft tissue, they are essentially the same; MOSC is 

slightly lower for lung, but slightly higher for bone. In the extremely-high-noise case, MOSC 

becomes up to 13~17% higher than OSC for the three types of tissue at 5 iterations; the 

percentage decreases to around 5% as more iterations are taken.  

In figure 4.9, the resolution versus noise curves of the two algorithms are plotted 

respectively using the average transverse FWHM and the axial FWHM for two noise levels 

of normal and high. The noise level in the plots is represented by the average variance at the 
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Figure 4.8. The average variance at soft tissue, bone, and lung regions in the variance images calculated 

from 100 noise realizations at regular-noise (top row) and extremely-high-noise (bottom row) situations. 
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corresponding area of each point object. The noise-resolution tradeoff curves at the twenty-

five different locations in the FOV show slight variations but their trend is similar, so only 

the curves for the center of FOV are shown. In this figure, each dot in the plot corresponds to 

the data obtained from a particular number of iterations, which are marked beside the dot. For 

both of the two noise levels, the trends in the curves for the two algorithms are similar. The 

curves of the two algorithms in the regular-noise case nearly overlap with each other, the 

variance versus transverse FWHM of MOSC being slightly further away to the origin; in the 

extremely-high-noise case, the MOSC curves move further away from the origin than the 

OSC curves, especially for the variance versus transverse FWHM curves, which is mainly a 

result of the higher variance of MOSC. Under the extreme conditions of unrealistically high 

noise, the approximation used for MOSC resulted in a slight, though measurable, increase in 

noise; however, the reconstructions did remain stable. 

Figure 4.10 shows the CPU time at different numbers of iterations for the two algorithms. 

Depending on the number of iterations, the CPU time of MOSC is 25-29% lower than that of 

OSC between 5 to 20 iterations; as we expected, the advantage of MOSC in reducing CPU 

time becomes more significant as the number of iterations increases. As stated in section 2, 

MOSC saves roughly one-third of the computation time during the iteration procedure 

compared to OSC; however, MOSC spends additional time in calculating the normalization 

images before the iteration starts, which takes equivalently half of the computation of an 

iteration. Thus, the percentage of time that MOSC saves is dependent on the number of 
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iterations taken – the more it iterates, the higher percentage it will achieve; at the limit, 

the percentage approaches 33% 
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Figure 4.9. The average variance versus average transverse FWHM curves (left column) and average 

variance versus axial FWHM (right column) at the center region of the FOV for MOSC and OSC at 

regular-noise (top row) and extremely-high-noise (bottom row) situations. 
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Figure 4.10. CPU time for reconstructing the system with OSC and MOSC at 5, 10, 15, and 20 

iterations. 
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According to the measurements shown above, MOSC generally has comparable 

performance with OSC in terms of artefacts, spatial resolution and noise, especially at higher 

numbers of iterations. Measurements show that MOSC produces fewer artefacts and slightly 

higher transverse FWHM, but the differences between the two algorithms in all aspects are 

all more obvious in lower numbers of iterations and are reduced with the number of iterations 

taken. On the other hand, the slight loss of spatial resolution of MOSC is compensated by the 

slight reduction in noise, so that the resolution-noise trade-off of the two algorithms is quite 

similar. 

In the implementation of the MOSC algorithm, we substituted zero projection bins by a 

small value in calculating the normalization images, in order to avoid a numerical problem in 

the log transform. From our simulations in the extremely-high-noise situation, where very-

low-intensity may occur to some of the detector bins, the reconstructed image quality is not 

degraded significantly from OSC. MOSC shows higher variance than OSC throughout the 

FOV and for all tissue types, but the noise-resolution tradeoff is still close to that of OSC, 

and the difference reduces when more iterations are taken. So, the numerical issue of division 

by zero in the logarithm in MOSC appears to be insignificant, except in extreme cases. 

This paper only studied the algorithms in the proposed motion-free micro-CT system, 

which is a limited-angle geometry and can only produce incomplete tomographic data for 

reconstruction. In reconstructing such a system, MOSC generates almost identical results to 

OSC; various measurements to the reconstructed images show that MOSC produces at least 

comparable quality as OSC, with a saving of 25-30% computational cost. This study 
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demonstrated its ability and potential in solving a non-traditional, limited data tomographic 

geometry. Although its performance has not been studied in other transmission CT 

geometries, we anticipate MOSC performing at least as well as OSC in most cases. 

4.6 Conclusions 

We have demonstrated that the MOSC algorithm is as effective as the OSC in 

reconstructing the proposed dense linear source array X-ray micro-CT system. The MOSC 

algorithm can achieve the same resolution, as well as variance level, as OSC in normal 

imaging conditions. The overall performance of the MOSC algorithm in terms of the 

resolution and noise trade-off is comparable with the OSC algorithm. The MOSC algorithm 

is 25~30% faster than OSC. We conclude that the MOSC algorithm is an efficient alternative 

to OSC in reconstructing the proposed geometry. 
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5 THE EFFECT OF GAPS ON THE ROTATION-FREE MICRO-CT SYSTEM 

This work is submitted to the journal Physics in Medicine and Biology. 

5.1 Introduction 

X-ray tubes that are based on the field emission from carbon-nanotubes (CNT) have been 

developed in recent years. CNT x-ray tubes possess a number of advantages over 

conventional thermionic-emission-based tubes: they produce significantly high temporal 

resolution of up to nano-seconds, better spatial resolution, higher stability, longer lifetime; 

without the additional power supply for heating, they can be constructed as compact, portable 

imaging devices (Sugie et al., 2001; Yue et al., 2002; Nicolaescu et al., 2002; Zhang et al., 

2005a; Zhang et al., 2005b; Kawakita et al., 2006; Liu et al., 2006; Cheng et al., 2004). CNT 

x-ray tubes have shown great potential in various imaging applications, including dynamic x-

ray radiography for living objects, multi-beam tomosynthesis (Cheng et al., 2004; Lalush et 

al., 2006a; Lalush et al., 2006b), microfocus micro-computed tomography (CT) (Liu et al., 

2006; Zhang et al., 2005a), etc. 

In previous studies, we implemented the CNT x-ray tubes into a rotation-free micro-CT 

system with dense linear source arrays (Quan and Lalush, 2005, 2007). The rotation-free 

design in our system shares some similarities with the dynamic spatial reconstructor (DSR) 

(Robb et al., 1983) and the electron-beam CT (EBCT) (McCollough et al., 1995), but it 

utilizes much more compact imaging geometries, as presented previously. The angular 

sampling for tomographic reconstruction in this system is achieved by electronically 

switching on the sources on the source arrays such that any rotation of the subject, sources, or 
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the detectors is avoided. Two different geometries for this system – a square geometry, and a 

hexagonal geometry – have been proposed and studied. In these geometries, the linear source 

arrays and detector arrays connect together, forming a square or a hexagon on the central 

transaxial plane, as shown in figure 5.1. Although neither of the two geometries is able to 

produce a complete tomographic data set, we have shown that they are both able to generate 

satisfactory reconstructions. It was also found that the hexagonal geometry resulted in better 

image quality compared with the square geometry because of its better angular coverage 

(Quan and Lalush, 2007).  

We have assumed that the linear source arrays and the detector arrays in the proposed 

system closely connect with each other. In real world realizations, however, ineffective 

margin areas will appear on one or both sides of the source arrays and the detectors. When 
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Figure 5.1. The proposed motion-free micro-CT system with square (left) and hexagonal (right) geometries 
(Quan and Lalush, 2005, 2007). 
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building the proposed system, these ineffective margins result in gaps between the source 

arrays and the detectors. Gaps cause the reduction in the angular coverage of the system; 

generally, the larger the gaps, the greater the reduction. On the other hand, different 

distributions of the gaps reduce different portions of the angular sampling, so that they affect 

the angular coverage differently.  

In this study, we consider the proposed micro-CT system in such a realistic scenario and 

study the effect of gaps introduced in the square and the hexagonal geometries by examining 

the image quality with varied levels and distributions of gaps among the source arrays and 

detectors. We hypothesize that, with the introduction of gaps, the image quality will be 

degraded to various degrees depending on the distributions of the gaps; some distributions of 

gaps may have less serious impact on the image quality than others. We performed two sets 

of studies: one of them was based on the square geometry, in which we modeled various 

distributions of gaps and compared their effect; the other was a comparison between the 

square and the hexagonal geometries with two levels of gaps. 

This chapter is organized as follows: in section 2, we describe the proposed rotation-free 

geometries with various distributions and sizes of gaps; then, the angular coverage of each 

proposed geometry is compared by means of sinogram maps; in section 4, we introduce the 

computer simulations and measurements to the images we performed to examine the image 

quality; the results are presented in section 5; in the last section, discussions and conclusions 

are provided. 
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5.2 Geometry descriptions 

5.2.1 Square geometry with various gaps 

To study the effect of gaps on image quality, we proposed eight different geometries with 

various distributions and levels of gaps, which were generated by inserting ineffective 

margins on the source arrays and/or the detectors. The eight geometries can be classified into 

four groups according to formation of the gaps; the two geometries in each group involve 

two different levels of gaps – one with smaller gaps, the other with larger gaps. The 

schematics of the eight geometries are shown in figure 5.2 and their geometric parameters are 

listed in table 5.1. 

In the two geometries in group I, ineffective margins were modeled symmetrically on 

both sides of the source arrays; no margins were modeled on the detector arrays. Keeping the 

side length of the square and the source density the same as the original/ideal square 

geometry, the effective length of the source arrays, as well as the total number of sources, 

was reduced.  

The second group of geometries was designed on the basis of the first group; in these 

geometries, ineffective margins are not only modeled on the source arrays, but also modeled 

on the detector arrays. Since we kept the side length of the square, source density, and 

detector bin size fixed, the introduction of the margins resulted in the reduction of both the 

number of sources and the number of detector bins. 

In the third and the fourth geometry groups, we have kept the effective length of the 

source arrays and detectors unchanged while modeled the gaps by increasing the side length 

of the square. In the third group, ineffective margins, hence gaps, were symmetrically 
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distributed on both sides of all the source arrays and detectors, while in the fourth group, they 
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Figure 5.2. Schematics of the four groups of square geometries with various gaps between source arrays 
and detectors. 
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were only located between the source array and the detector, but not between the two source 

arrays or the two detectors.  

Table 5.1. Geometric parameters for the test geometries 

 

5.2.2 Hexagonal geometry in comparison with square geometry 

The hexagonal geometry was also studied with the appearance of gaps in comparison 

with the square geometry. In each of these two types of geometries, two levels of gaps were 

modeled, which were introduced by increasing the distance between the opposing source 

arrays and detectors by 10% and 20% respectively while keeping the effective lengths of the 

Symmetric 
margins on 

source arrays, 
none on detectors

Symmetric 
margins on 

source arrays and 
detectors 

Symmetric 
margins on 

source arrays and 
detectors 

Asymmetric 
margins on 

source arrays and 
detectors 

Geometry 

Ia Ib IIa IIb IIIa IIIb IVa IVb 

side length 
(cm) 10 10 10 10 11.2 12.4 11.2 12.4 

source array 
length (cm) 8.8 7.6 8.8 7.6 10 10 10 10 

number of 
sources 88 76 88 76 100 100 100 100 

detector length 
(cm) 10 10 8.8 7.6 10 10 10 10 

number of 
detector bins 512 512 440 380 512 512 512 512 

size of margins 
on source array 

(cm)  
0.6 × 2 1.2 × 2 0.6 × 2 1.2 × 2 0.6 × 2 1.2 × 2 1.2 × 1 2.4 × 1

size of margins 
on detector 

(cm) 
0 0 0.6 × 2 1.2 × 2 0.6 × 2 1.2 × 2 1.2 × 1 2.4 × 1
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source arrays and detectors unchanged. The total number of sources involved in both 

geometry sets is 90 – 45 sources on each source array in the square geometries whereas 30 

sources on each source array in the hexagonal geometries. Their schematics are shown in 

figure 5.3. 

5.3 Angular coverage of the geometries 

The introduction of gaps has a direct impact on the angular coverage of the imaging 

system. To study the effect of gaps, sinogram maps on the central transaxial planes were 
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Figure 5.3. Schematics of the hexagonal geometries (right) and their corresponding square geometries (left) 
with 10% gaps (top) and 20% gaps (bottom). 
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plotted for each of the proposed geometries. On a sinogram map, each dot corresponds to a 

piece of measured data taken from a ray with a certain distance to the center of FOV and with 

a specific angle, whereas the blank areas correspond to angle-ray distance pairs that are 

unmeasured in a geometry. A complete set of tomographic data set will fully fill the 

sinogram map within the FOV. The sinogram maps of the ideal square/hexagonal geometries 

with no gaps are shown in figure 5.6(a). For both geometries, each source array-detector pair 

produces a diamond-shaped region on the sinogram map, as marked on the maps (the north-

south projection data in the square geometry were separated as two triangular areas). Note 

that for both geometries, the center of FOV (ray distance = 0) receives full 180-degree 

coverage; as the ray distance to the center increases, the missing data increases linearly. 

Within a 3 cm FOV, the square and the hexagonal geometries are missing, respectively, 15% 

and 9.9% of the complete data.  
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With the appearance of gaps, the angular coverage of the geometries suffers various 
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degrees of impact. In figure 5.4, the sinogram maps of each of the eight geometries described 

in section 5.2.1 are plotted. The diamond-shaped regions in each sinogram map were shrunk, 

distorted, or shifted depending on the formation of the gaps; as a result, the blank areas on 

the sinogram maps are increased. Since geometry (b) in each group has larger gaps than 

geometry (a), it consequently resulted in larger blank areas in the sinogram maps, and higher 

percentage of missing data. A comparison among the missing data of all the eight geometries 

is shown in figure 5.6, from which it is obvious that the geometries in group II have the 

highest percentage of missing data while those in group I have the lowest.  

Similarly, we plotted the sinogram maps for the hexagonal geometries with gaps and their 

corresponding square geometries, which are shown in figure 5.6. The diamond-shaped 

regions in the sinogram maps of both geometries shrink as the gaps open up, leaving 

increased blank areas and resulting in increased missing data. The ideal square geometry has 

15% missing data, which is increased to 21% and 24%, respectively, with the two levels of 

0%
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20%

30%

40%

geo Ia geo Ib geo IIa geo IIb geo IIIa geo IIIb geo IVa geo IVb 

geometries

Figure 5.5. Percentage of missing data within 3cm FOV in the eight square geometries with gaps. 
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Figure 5.6. Sinogram maps of the hexagonal geometries (right) and their corresponding square geometries 
(left). (a) no gaps; (b) 10% gaps; (c) 20% gaps. 

gaps. In comparison, the missing data in the hexagonal geometry increased from 9.9% in the 

gap-free case to 21% and 32% in the cases with gaps. Comparing the missing data in the two 

geometries with various levels of gaps, the angular coverage of the hexagonal geometry 

suffer more serious impact by the gaps than the square geometry.  

5.4 Simulations and measurements 

The impact of gaps on image quality in the proposed geometries was examined by 

computer simulations with polychromatic and monochromatic x-ray spectra. A series of 
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technical phantoms as well as a mouse phantom were reconstructed from each geometry; 

artifacts, spatial resolution, and noise in the reconstructed images were measured. 

5.4.1 Computer simulations 

Computer simulations for this study were performed using a line-integral-based 

simulation tool which is advantageous in modeling the compound Poisson noise model 

(Lasio et al., 2007). In this simulation tool, the imaging phantoms are formed by structures 

defined by the non-uniform rational b-spline (NURBS) surfaces (Segars et al., 2004; Segars 

et al., 2005). Each structure in the phantom is characterized by a certain material type, which 

is given a variable attenuation coefficient as a function of the x-ray energy. The simulation 

tool assumed an energy-integrating detector so that the projection data from any single 

energy level is weighted by the corresponding photon intensity. The overall projection is 

calculated as the weighted sum of the projection, from each individual energy component in 

the x-ray spectrum. The simulation tool also accounted for the inverse-square law of x-ray 

attenuation and the drop of detector efficiency with the cosine squared of the x-ray incident 

angle. 

Cone-beam projections were simulated for all the geometries. The geometries have varied 

detector dimensions so that resulting in different projection arrays, as listed in table 5.1. A 

detector bin size of 200 µm square was applied for all the projections. For the square 

geometries, we ignored the projections from a source to its neighboring detector because the 

large oblique projection angles result in low detector efficiency and x-ray intensity. 

Therefore, each source only projects to its opposite detector and the total number of views 
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equals the number of source in the system. For the hexagonal geometries, in comparison, 

each source has extended projection area without drop of efficiency – sources on the north-

west and south-west arrays can project to two detectors and sources on the west array can 

project to all three detectors. Since 30 sources were modeled on each source array in the 

hexagonal geometries, the total number of projection views for each geometry is 

30×2+30×2+30×3=210. 

A polychromatic spectrum was generated for the simulations, which corresponds to a 

molybdenum source at 40kVp, filtered by a 0.25 mm beryllium window and a 0.4 mm 

aluminum window (Cranley and Gilmore, 1997); it consisted of 80 energy components, 

spaced at 0.5 keV. This spectrum was used for studying the artifacts and noise in the 

reconstructions. For the study of spatial resolution, a 40keV monochromatic spectrum was 

used in order to avoid beam-hardening effects that might distort the point spread function 

measurements. 

5.4.2 Imaging phantoms 

A series of technical phantoms were created by NURBS surfaces to examine the imaging 

properties of the geometries. The phantoms were all built upon a uniform cylinder structure 

with 3 cm diameter and 6 cm height, which covers the essential FOV of all the geometries. 

On the central transaxial plane of the cylinder, as well as the two planes that are 1 cm away 

from the central plane, thirteen 1mm spherical structures were inserted to form a multi-sphere 

phantom. The spheres were defined as Al2O3 while the cylinder as nylon in order to mimic 
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the contrast between bone and soft tissue. This phantom was used to study the artifacts in the 

reconstructed images.  

A multi-point phantom was built by inserting five point-like objects into five equally 

spaced transaxial planes in the cylinder. The point-like objects are defined as 125 µm, Al2O3 

spheres; on each transaxial plane, the five points are respectively located at the center, and 

around four corners in the cylinder. To generate higher contrast for the point objects, the 

cylinder structure in this phantom was defined as water. This phantom was used to study the 

spatial resolution of the geometries and the water cylinder alone was used to study the noise 

levels in the reconstructions. 

(a)

(b)  
Figure 5.7. Illustrations of the phantoms used in the simulations. (a). The central axial (left) and transaxial 
(right) views from the multi-sphere phantom; (b). The central coronal (left), sagittal (middle), and transaxial 
(right) views of the MOBY phantom. The images are obtained from the filtered backprojection 
reconstructions from an ideal rotational CT. 
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The MOBY phantom, which is a realistic mouse modeled by NURBS surfaces (Segars et 

al., 2004), was also applied to the proposed geometries to illustrate their capability for mouse 

imaging. The mouse can be fit into a mouse holder with a cylindrical shape as described 

above. The central transaxial and axial views from the MOBY phantom as well as the multi-

sphere phantom are shown in figure 5.7. 

5.4.3 Reconstructions 

A maximum-likelihood based iterative reconstruction algorithm, ordered subset convex 

(OSC) (Kamphuis and Beekman, 1998), was applied in the reconstructions of the proposed 

geometries. The OSC algorithm has been shown to be able to reconstruct transmission data 

efficiently with high image quality by several groups and by our own work (Beekman and 

Kamphuis, 2001; Kamphuis and Beekman, 1998; Kole and Beekman, 2005; Ziegler et al., 

2007; Lalush and Tsui, 2000; Quan and Lalush, 2007, 2009). In the OSC algorithm that was 

adapted for our geometries, a fast ray-tracing technique was implemented into the 

projection/backprojection model (Han et al., 1999); this technique avoids the image rotations 

involved in the reconstructions when source arrays are switched, which is important for a fair 

comparison between the two proposed geometries (Quan and Lalush, 2007). Ten subsets 

were used in the reconstructions of both geometries, 9 views per subset for the square and 21 

for the hexagon. Images were reconstructed on 256×256×400 grids with 125 µm voxel size; 

reconstructions were saved at 5, 10, 15 and 20 iterations. 



 109

5.4.4 Image measurements 

As stated above, the incomplete angular coverage of the proposed geometries leads to 

limited-angle artifacts in the reconstructed images. We quantified the artifacts by measuring 

the mean squared error (MSE) in the uniform background regions in the reconstructed 

images. To do so, the reconstructions of both the multi-sphere phantom and the nylon 

cylinder alone were obtained from each of the proposed geometries and were subtracted to 

produce the error image, which was then multiplied by a mask image that removes the sphere 

regions. The resulting image was essentially an image of the limited-angle artifacts and it 

was then squared to generate the MSE image. The MSE values around each spherical region 

were summed up to give a local artifact assessment and the total MSE throughout the MSE 

image was calculated to evaluate the overall artifacts. 

Twenty-five point spread functions (PSFs) located at different axial and transaxial 

positions were generated for each proposed geometry by subtracting the reconstruction of the 

multi-point phantom by that of water cylinder alone. The axial resolution was measured by 

the full-width at half-maximum (FWHM) of each PSF along the axial direction; the 

transaxial resolution was measured by the average transaxial FWHM of each PSF in the 

transaxial plane calculated by the following equation: 

  ,
angles ofnumber  total

)FWHM(
FWHM l transaxiaaverage

∑
= angle

angle

                         (5.1) 

where angle represents the direction of FWHM measurement within the transaxial plane; 180 

angles were uniformly sampled over 180-degrees. Since the proposed geometries generate 
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anisotropic PSF, the anisotropy of each PSF on the transaxial plane was also measured, 

which was calculated by: 

( ) ( )
FWHM l transaxiaaverage

anisotropy
FWHMMinFWHMMax

angleangle
−

=                                   (5.2) 

where ( )FWHMMax
angle

 and ( )FWHMMin
angle

 are, respectively, the maximum and minimum FWHM 

of the PSF within the transaxial plane. 

For the noise performance analysis, the same total exposure was simulated for all the 

eight square geometries described in section 5.2.1, which corresponds to a total current·time 

value of 0.1 mAs from all the sources. For the hexagonal geometries and their corresponding 

square geometries described in section 5.2.2, 0.001 mAs were simulated for each source; 

since the same total number of sources (90) was modeled in each geometry, the total mAs 

values of these geometries are all the same.  

100 realizations of independent compound Poisson noise (Lasio et al., 2007) was 

simulated into the projection data for each geometry. Reconstructions of the uniform water 

cylinder phantom were obtained for each noise realization and were saved at 5, 10, 15, and 

20 iterations. Variance images were calculated by computing the variance of each pixel over 

the 100-image ensemble. To study the spatial variation of noise level in the FOV, 25 cubical 

regions in the variance images were selected; each region consisted of 1,000 pixels and 

corresponded to one of the point objects in the multi-point phantom described above. The 

average variance in each of the 25 regions was calculated; the resolution-noise trade-off 
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curves were plotted based on the FWHM values at each point and the average variance at the 

corresponding region. 

5.5 Results 

5.5.1 Effect of gaps on the square geometry  

The reconstructions of the MOBY phantom from the proposed square geometries with 

gaps are shown in figure 5.8. Although having reduced angular coverage, the geometries with 

gaps can still be effectively reconstructed and they produce similar reconstructions as the 

original gap-free geometry. However, a larger amount of streaking artifacts owing to the 

reduced angular coverage are observed in the images reconstructed from the geometries with 

gaps than the one reconstructed from the gap-free geometry. Also, the amount and 

distribution of the artifacts vary for different geometries, which can be easily observed from 

the reconstructions of the multi-sphere phantom, which are shown in figure 5.9.  

Geo Ia Geo Ib Geo IIa Geo IIb 

Geo IIIa Geo IIIb Geo IVa Geo IVb 

Original geometry 

Figure 5.8. The central coronal views from the reconstructions of the MOBY phantom from the square 
geometries with gaps. Images obtained from 5 iterations. 
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The artifacts were quantified by calculating the MSE values based on the reconstructions 

of the multi-sphere phantom. As shown in figure 5.10, the total MSE values of the eight 

geometries increased 18% to 112% as compared to the gap-free geometry for 5 iterations. 

Generally, geometries with more missing data resulted in higher MSE. Among them, the 

geometry (a) in groups I, III, and IV have lower MSE values than others, which is consistent 

with their lower percentage of missing data; the worst case is geometry (b) in group II, which 

has the highest percentage of missing data (as shown in figure 5.5). Geometries in groups III 

and IV, which have larger source-to-detector distance than other geometries, however, tend 

to have lower MSE with regard to their percentage of missing data. As can be seen from the 

right portion of the chart in figure 5.10, when more iterations are taken, the increase in MSE 

of the eight geometries becomes less significant. 

The local MSE around each sphere measured for geometries I-IV (a) is plotted in figure 

5.11. The plot is based only on the data obtained from the mid-plane since the trend is quite 

similar on the top and bottom planes. The geometry (b) in each group are ignored on this plot 

Geo Ia Geo Ib Geo IIa GeoIIb 

Geo IIIa Geo IIIb Geo IVa Geo IVb 

Original geometry 

Figure 5.9. Central transaxial views from the reconstructions of the multi-sphere phantom from the square 
geometries with gaps. Images were obtained from 5 iterations. 
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because they show similar patterns to their corresponding geometry (a) except that the 

absolute MSE values are higher. For all the geometries, the spheres located at the outer circle 

generally have higher MSE around them than those located at the inner circle and the central 

sphere has the lowest MSE around it. Geometry Ia shows asymmetric MSE distributions 

around the circle: higher MSE around spheres at the south-east portion of the FOV than at 

other locations, which is probably a result of its larger gap area at the north-west corner. Also 

note that, for most geometries, the MSE around spheres 1, 3, 5, and 7 is usually higher than 

that around the spheres along the diagonals, probably because they receive worse angular 

coverage when the gaps open up; this trend is most obvious for geometry IIa. 

Measurements to the PSFs show that the square geometries with gaps produce almost 

identical axial FWHM to the gap-free geometry at all locations; their transaxial FWHM are 
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Figure 5.10. Total MSE in the MSE images obtained from the four groups of geometries in comparison with 
the original, gap-free square geometry. Data obtained from 5 and 20 iterations are shown. The percentage 
increases of the total MSE for each geometry relative to the gap-free geometry are marked on the chart. 
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slightly higher, but in most cases no more than 5%. However, the anisotropy of the PSFs 

obtained from the eight geometries with gaps is generally higher than that of the gap-free 

geometry, as shown in figure 5.12, where the anisotropy of the PSFs on the mid-plane is 

plotted with regard to the transaxial locations. The anisotropy for all the geometries are 

spatially-varying – the north-east and south-west PSFs are more anisotropic than other PSFs 

since the magnifications from the two sets of source-detector pairs vary the most at these 

regions. The geometry (b) in each group, except for group III, are the most anisotropic ones; 

geometry IIIb, which has the same size, but more symmetric distributions, of gaps as 

geometry IVb,  resulted in relatively lower anisotropy. 

Figure 5.13 shows the resolution-noise tradeoff curves for the eight square geometries 

with gaps as well as the gap-free geometry at five transaxial locations. The resolution is 
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Figure 5.11. Local MSE around each sphere in the mid-plane for the gap-free geometry and the geometry (a) 
in groups I-IV. The data were obtained from 5 iterations. The indices of the spheres are marked on the 
inserted image. 
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represented by the average transaxial FWHM of the PSFs located on the central plane; the 

noise is represented by the average variance at the regions corresponding to the PSFs. The 

curves are plotted based on the data obtained at 5, 10, 15, and 20 iterations in the 

reconstruction algorithm. The eight geometries display different performance in resolution-

noise tradeoff. They are more similar to each other at the central, and the south-east regions, 

especially at lower number of iterations; their differences are more obvious at the north-west, 

north-east, and south-west regions. At all locations, the geometries in groups I and II are 

generally closer to the origin than those in groups III and IV, which indicates that the former 

has better performance in resolution-noise tradeoff than the later.  

5.5.2 Effect of gaps on the hexagonal geometry 

Reconstructions of the multi-sphere phantom from the hexagonal geometries and their 
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Figure 5.12. Anisotropy of the PSFs in the mid-plane for the square geometries with and without gaps. Data 
obtained from 5 iterations. 
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corresponding square geometries are shown in figure 5.14. As expected, the streaking 

artifacts in the reconstructions from the hexagonal geometries are oriented differently then 

the square geometries since they are missing different portions of angular sampling – the 

artifacts in the hexagonal geometries are mainly distributed along the vertical direction rather 

than along the diagonals as in the square geometries. However, as the gaps open up, the 

hexagonal geometries start to miss angles other than those along the vertical direction, so that 

their artifacts become more spread out in various directions; in contrast, the square 

geometries are missing more angles along the diagonals as the gaps open up, so that their 

artifacts are still along these directions.  
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Figure 5.15 compares the total MSE values in the MSE images of the hexagonal and 

square geometries at different gap levels. As observed above, the MSE value directly reflects 

the amount of missing data in a geometry. When there are no gaps, the hexagonal geometry 

produces 22% fewer artifacts than the square geometry; as gaps increase, the hexagonal 

geometry misses more and more data than the square geometry so that a larger amount of 

artifacts result from it.  
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Figure 5.13. Resolution-noise tradeoff curves for the square geometries with and without gaps at five 
transaxial locations in the central plane. 
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As stated previously (Quan and Lalush, 2007), both the gap-free hexagonal and the 

square geometries produce spatially-varying PSFs; their FWHM values are generally close 

and, at some locations, one of the two geometries is slightly higher than the other, yet at 

others, it is the opposite. This trend still holds after gaps are introduced. Similarly, their 

anisotropy exhibits a spatially-varying pattern similar to that of the FWHM and the 

introduction of gaps does not change the relationship between the two geometries 

significantly.  

no gap 10% gap 20% gap

square geometries 

no gap 10% gap 20% gap

hexagonal geometries 

Figure 5.14. Central transaxial views from the reconstructions of the multi-sphere phantom from the 
hexagonal geometries and their corresponding square geometries. 
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Figure 5.16 shows the resolution-noise tradeoff curves for the hexagonal and square 

geometries with and without gaps. The curves are plotted in the same way as those in figure 

5.13. The variance data were measured for the same total exposure of sources in each 

geometry. As in the case of no gaps, the curves of the two geometries with gaps are still quite 

close to each other, although they shifted slightly further away from the origin compared to 

the gap-free curves. Therefore, the hexagonal and square geometries are not impacted much 

in their performance in resolution-noise tradeoff by the introduction of gaps. 

5.6 Discussions and conclusions 

The results presented above show that the proposed square and hexagonal geometries can 

still be reconstructed effectively when various gaps are introduced between the source arrays 

and the detectors. The increased missing angular coverage caused by the gaps directly leads 
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Figure 5.15. Comparison of the total MSE values in the MSE images for the square and hexagonal 
geometries at 5 iterations. 
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to an increased amount of streaking artifacts in the reconstructed images; different sizes and 

distributions of the gaps result in different patterns of artifacts.   

Usually, larger gaps, with more missing data, result in more artifacts; however, the 

formation of the gaps also affects the amount of artifacts. As shown above, the square 

geometries in groups III and IV generally have a slightly higher percentage of missing data 

than those in group I, but the MSE levels measured from their reconstructions are lower than 

the reconstructions in group I. This is probably because that these geometries have larger 

source-to-detector distances so that, compared with group I, their FOV is more densely 

sampled by the source arrays with the same source density. 

In each of the four groups of square geometries with various gaps, the geometry (a) 

generally produces better overall performance than the geometry (b) in the same group. 
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Figure 5.16. Resolution-noise tradeoff curves for the square and hexagonal geometries with and without 
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Among the four groups, each one has its advantages and drawbacks. Groups I and II produce 

higher MSE levels but lower variance in the case of noise and better resolution-noise tradeoff. 

In contrast, groups III and IV, which have longer source-to-detector distance, and therefore 

lower detected photon intensity, produce higher variance and worse resolution-noise tradeoff, 

although they generate fewer artifacts in the images. In order for the geometries in group III 

and IV to achieve similar variance levels as those in groups I and II, higher mAs values 

should be applied to the sources in these geometries. 

As for the hexagonal geometry, it still performs comparably to the square geometry in 

resolution-noise tradeoff when various levels of gaps are introduced, as in the gap-free 

situation. However, the angular coverage of the hexagonal geometry is degraded more 

significantly than the square geometry by the introduction of the gaps, which leads to a 

higher amount of streaking artifacts in the reconstructed images from the hexagonal 

geometry than the square geometry. Therefore, the advantage of the hexagonal geometry we 

found in the ideal case begins to disappear with the introduction of gaps. When the gaps are 

large enough, the advantage of the hexagonal geometry is lost and the square geometry may 

even outperform the hexagonal geometry and produce better image quality. 
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6 SIMULATION STUDIES FOR A PROPOSED PRACTICAL ROTATION-FREE 

MICRO-CT SCANNER IN TWO SCANNING MODES 

  

6.1 Introduction 

Micro-computed tomography (micro-CT) has become an emerging tool for small animal 

imaging because of its high spatial resolution, low cost and capability of 3D imaging 

(Bartling et al., 2007; Brendzel et al., 2002; Kohlbrenner et al., 2000; Ritman, 2004; Wang 

and Vannier, 2001; Wang et al., 2005). Micro-CT follows imaging mechanisms similar to 

clinical CT and most current micro-CT scanners adopt the scaled geometry of a third-

generation clinical CT scanner. However, micro-CT is not the simple scale-down of clinical 

CT because small animals are significantly smaller in size than humans so that much higher 

spatial resolution is required to reveal enough structural information. Besides, their 

physiological motions (e.g. heart beat, respiration, etc) are also much faster than human, 

which demands much higher temporal resolution to avoid motion blur especially in the 

imaging of the heart and the lung (Badea et al., 2004; Ritman, 2004). 

X-ray sources based on field emission from carbon-nanotubes (CNT) have been 

developed and implemented into various small animal imaging applications (Cheng et al., 

2004; Lalush et al., 2006a; Lalush et al., 2006b; Liu et al., 2006; Zhang et al., 2005a). 

Featuring ultra short switch time for electron emission, such sources are capable of 

generating ultra high temporal resolution of up to nano-seconds. Compared with thermionic 

emission x-ray sources, they also possess a number of other merits including better spatial 
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resolution, higher stability, longer life time, and the possibility for micro-fabrication (Sugie 

et al., 2001; Yue et al., 2002; Nicolaescu et al., 2002; Zhang et al., 2005a; Zhang et al., 2005b; 

Kawakita et al., 2006; Liu et al., 2006; Cheng et al., 2004).  

We previously proposed a rotation-free micro-CT system, implementing the CNT-based 

x-ray sources into dense linear arrays. With the x-ray sources and detectors surrounding the 

imaging subject, the projection images are collected by electronically switching the x-ray 

sources at different angular locations so that no rotation of the subject or the source-detector 

gantry is required. We have shown that such a system can be effectively reconstructed by 

iterative reconstruction algorithms (Quan and Lalush, 2005, 2007, 2009).  

In this work, a proposed design for a practical micro-CT scanner that is based on linear 

arrays of CNT x-ray sources is studied. The image acquisition in this scanner is similar to 

that we proposed previously, with some differences in the imaging geometry. Being free of 

mechanical rotation and with ultra-short pulses of x-ray emission, such micro-CT scanner has 

the potential to produce high temporal resolution, lower dose, and the ease of cardiac gating, 

so that it can be a promising tool for small animal cardiac imaging studies. 

Two different scanning modes have been proposed for the micro-CT scanner, one with a 

stationary imaging subject, and the other with linear translations of the imaging subject. In 

this paper, the imaging properties of the micro-CT scanner under the two scanning modes are 

studied and compared by computer simulations. In next section, the geometries of the linear 

arrays of x-ray sources as well as the micro-CT system are described. In section 6.3, we 

introduce our method of computer simulations, reconstructions, and evaluations to the 

imaging properties. The results of our studies under both infinitesimal and finite x-ray source 
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focal spot situations are presented in section 6.4. Discussions and conclusions are provided in 

the last section. 

6.2 System description 

A total of 200 CNT-based x-ray sources are implemented into this system, being built 

into two identical source modules. In each source module, the 100 sources are distributed 

into a linear array with 4 parallel, indented rows; the four rows are spaced at 2.5 mm in the 

axial direction. Due to mechanical limitations, the 4 rows are not located in the same axial 

plane; instead, there is a 12.5 mm spacing between them along the direction of x-ray 

radiation, as shown in figure 6.1. Each row has 25 sources, equally spaced at 5 mm, so that 

the effective length of each source module is 125 mm. At both ends of the source module, 

there is an additional 10 mm margin area used for mounting the source arrays. Thus, the total 

length of the source module is 145 mm. Two detectors each with 120 mm×120 mm effective 
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Figure 6.1. Schematic drawings of the 4-row source module. (a) front view; (b) side view. 
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detection area are applied in the system. The detection areas are surrounded by 13.5 mm to 

44.5 mm wide asymmetric margins and are 5.6 mm away from the front window of the 

detector.  
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Figure 6.2. Schematic of the rotation-free micro-CT geometry (top view). 
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The rotation-free micro-CT system is built with the two source modules and the two area 

detectors, which form a rectangular geometry and are positioned to achieve the best angular 

coverage. A schematic of the geometry viewed from the top is shown in figure 6.2. The two 

source modules are located, respectively, at the north and the west, while the two detectors at 

the south and the east. As marked in the schematic, the two detectors have different distances 
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Figure 6.3. Sinogram maps of the rotation-free micro-CT system with no-translation scanning (a) and bi-

translation scanning (b). 
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from their opposing source modules. For both source-detector pairs, the primary field-of-

view (FOV) is located in the middle of the detector and the first source row.  

Similar to the motion-free micro-CT systems that we proposed previously (Quan and 

Lalush, 2005, 2007), the angular sampling of this micro-CT system is achieved by turning on 

sources in the two source modules in proper sequence. Since the sources are located at 

different angles around the subject, no rotation is required for collecting tomographic data. 

However, such a geometry is not able to obtain a complete set of tomographic data for 

reconstructing the subject, which can be observed from the sinogram map in figure 6.3(a). 

The dots in the sinogram map represent data collected from x-rays with certain angles and 

distances from the center whereas the blank regions represent unmeasured data; the dotted 

areas with different colors correspond to data collected from different source array-detector 

pairs. It is shown from the sinogram map that, within a 3 cm FOV which is defined by the 

two vertical, dashed lines, the major data are collected by the north-south and the west-east 

source-detector pairs while the other two pairs have little contribution. Missing data are 

found around 45° (along the NW-SE diagonal) and -45° (along the NE-SW diagonal), which 

takes around 21% of the complete data set for a 3 cm FOV. 
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It is observed that the missing angular coverage around 45° can be compensated for when 

the imaging subject is translated closer to the NW and the SE corner within the geometry. In 

these cases, additional coverage can be obtained from the north-east or the west-south 

source arrays

s
o

u
rc

e
 a

rr
a

y
s

detector
d

e
te

c
to

r

source arrays

s
o

u
rc

e
 a

rr
a

y
s

detector
d

e
te

c
to

r

source arrays

s
o

u
rc

e
 a

rr
a

y
s

detector
d

e
te

c
to

r
 

(a) no-translation scanning 

source arrays

s
o

u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

source arrays

s
o

u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

source arrays

s
o

u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

 
subject position 1 

source arrays

s
o
u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

source arrays

s
o
u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

source arrays

s
o
u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

         

source arrays

s
o
u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

source arrays

s
o
u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

source arrays

s
o
u
rc

e
 a

rr
a

y
s

detector

d
e

te
c
to

r

 
subject position 2                subject position 3 

(b) bi-translation scanning 

Figure 6.4. Illustration of the no-translation and bi-translation scanning modes of the rotation-free micro-CT 

system. The blue arrows indicate the source-detector pair involved in each situation. 
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source-detector pairs. Figure 6.3(b) shows the improved angular coverage, in which the N-S 

and the W-E data sets are measured when the subject is located at the center of the geometry 

while the N-E and the W-S data sets are measured when the subject is translated 2.8 cm 

toward, respectively, the NW and the SE corner. With the subject translation, the missing 

data are reduced to 14% and are only distributed around -45°, where the data can not be 

measured without rotation of the subject or the source-detector assembly. We name this 

scanning mode with the translation of subject as the bi-translation mode; in comparison, the 

scanning mode without translation of the subject is called the no-translation mode. The two 

scanning modes are illustrated in figure 6.4. 

Although the bi-translation scanning brings improved angular coverage, it suffers greater 

variations in magnification in the translated positions due to the variations of relative 

distances from the subject to the sources and the detector bins. Some projection rays produce 

fairly high magnification, which results in increased non-uniformity of the point spread 

functions of the system and, with a finite focal spot, degraded spatial resolution. Therefore, 

compared to the no-translation case, the bi-translation scanning mode may achieve better 

angular coverage, but at the cost of poorer or less uniform spatial resolution.  

6.3 Simulations and measurements 

The imaging properties of the rotation-free micro-CT system under the two scanning 

modes were examined by computer simulation. The system was evaluated in various aspects 

including the artifact level in the reconstructed images, spatial resolution, and noise 

performance. Since the x-ray source focal spot size may have a substantial effect on the 

system resolution, we performed the simulations under two different focal spot situations – 
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infinitesimal and finite size focal spot – for the study of spatial resolution. We assume that 

focal spot will not have a significant effect on image artifacts and noise, so these aspects 

were only studied under the infinitesimal focal spot. 

6.3.1 Computer simulations 

Computer simulations in this study were performed using a simulation tool that is 

specially designed for the non-uniform rational b-spline (NURBS) surface-defined phantoms 

and is convenient for simulating polychromatic x-ray spectra (Segars et al., 2004; Segars et 

al., 2005). The simulation tool is based on calculation of line-integrals and it accounts for 

energy-dependent attenuation coefficients and x-ray flux, as well as the inverse-square law of 

x-ray attenuation and the drop of detector efficiency with the cosine-squared of the x-ray 

incident angle. 

In the simulations, the x-ray sources were assumed to be operating at 40 kVp with a 

molybdenum target, filtered by a 0.25 mm beryllium window and a 0.4 mm aluminum 

window (Cranley and Gilmore, 1997). The polychromatic spectrum consists of 80 energy 

components, spaced at 0.5 keV. While simulating noise, a current·time value of 0.004 mAs 

was applied to the sources and quantum noise following the compound Poisson noise model 

(Lasio et al., 2007) was added in the projection data. In the studies of spatial resolution, 

however, a monochromatic spectrum at 40 keV was applied in order to avoid beam 

hardening effects that might distort the point spread functions. 

Each source in the system produces two projection views, one from its opposite detector 

and the other from its neighboring detector, although in the bi-translation scanning mode, the 
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subject is located at different positions when collecting the views. For a total of 200 sources 

in the system, the total number of projection views is 400. Cone-beam projections were 

generated on a 600×600 grid with 200 µm bin size for infinitesimal focal spot and 2000×400 

grid with 60 µm bin size for finite focal spot. 

6.3.2 Focal spot size modeling 

Spatial resolution of the system was studied under the finite focal spot of the x-ray 
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Figure 6.5. Schematics of the finite focal spot sampling scheme. (a) samplings of the focal spot on the 

Gaussian profile in one-dimension; (b) front view of source-let distributions in two-dimension; (c) weighting 

factors for each source-let. 
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sources in comparison with infinitesimal focal spot. The finite focal spot was modeled such 

that it has an isotropic Gaussian profile with full-width at half-maximum (FWHM) equal to 

100 µm. In our simulations, the focal spot was sampled on a 5×5 grid of “source-lets”, with a 

spacing of 35 µm, as demonstrated in figure 6.5. Projection data from each source-let were 

generated independently, weighted by the normalized Gaussian function magnitude at the 

corresponding location, and then summed together to produce the projection data for the 

finite focal spot.  

6.3.3 Imaging phantoms 

A realistic mouse phantom named MOBY (Segars et al., 2004) was applied in the 

computer simulations. It is defined by NURBS surfaces and can be fit into a mouse holder 

that is 3 cm in diameter. Cross-sectional views from the MOBY phantom are shown in figure 

6.5 (a). 

A few technical phantoms have also been applied in the simulations to examine the 

imaging properties of the system. A multi-sphere phantom was used to evaluate the limited 

angle artifacts in the reconstructed images. It was built upon a uniform cylinder with 3 cm 

diameter and 6 cm height, which corresponds to the primary FOV of the system. A number 

of 1 mm spheres are symmetrically distributed in 3 transaxial planes in the uniform cylinder, 

as shown in figure 6.5 (b). The spheres and the cylinder were respectively defined as Al2O3 

and nylon to mimic the contrast between bone and soft tissue.  

A multi-point phantom was used for generating point spread functions of the imaging 

system. In such a phantom, 5 tiny Al2O3 spheres, representing point objects, were inserted 
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into a uniform water disk, which is 0.15 cm thick and 3 cm in diameter. The point objects are 

30 µm in diameter and are located at the center and around four corners in the mid-transaxial 

plane of the disk.  

6.3.4 Reconstructions 

As stated above, the rotation-free micro-CT system does not achieve complete angular 

coverage and has the limited-angle problem for tomographic reconstruction, which 

conventional analytic reconstruction algorithms can not solve effectively. Therefore, a 

maximum-likelihood type iterative reconstruction algorithm, ordered subset convex (OSC) 

(Kamphuis and Beekman, 1998), was implemented in the reconstructions for this system. 

 

(a) 

 

(b) 

Figure 6.6. Illustrations of the phantoms used in the simulations. (a). The central coronal (left), sagittal 

(middle), and transaxial (right) views of the MOBY phantom.; (b). The central axial (left) and transaxial 

(right) views from the multi-sphere phantom. The images are obtained from the filtered backprojection 

reconstructions from an ideal rotational CT. 
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From our previous study, it has shown to be able to produce satisfactory reconstructions from 

a similar limited-angle geometry (Quan and Lalush, 2005, 2007, 2009). The 

projection/backprojection procedures in the iterative reconstructions were performed by a 

fast ray-tracing technique (Han et al., 1999). Images were reconstructed on a 256×256×480 

grid with 125 µm voxel size except for the study of the focal spot effect, where the image 

grid and the voxel size were 1066×1066×100 and 30 µm, respectively. Twenty subsets and 

20 views/subsets were applied in the OSC algorithm and reconstructions were saved at 5 

iterations.  

6.3.5 Image measurements 

Assuming an infinitesimal x-ray focal spot, the micro-CT system was examined for 

reconstruction artifacts and noise. The limited-angle artifacts were first studied in the 

reconstructions of the MOBY phantom. A “true” voxelized MOBY phantom was generated 

by reconstructing it from an ideal rotational, parallel beam CT system by the filtered-

backprojection algorithm. Reconstructions from the rotation-free micro-CT system were 

subtracted from the “true” image and the differences were squared to produce the mean-

squared error (MSE) images. The total MSE value corresponding to the uniform soft tissue 

regions in the MSE images was calculated, which essentially gives a measure of the severity 

of limited-angle artifacts. 

Similar measurement was performed for the reconstructions of the multi-sphere phantom, 

in which high-intensity structures are more uniformly and symmetrically distributed in the 

FOV so that the measurement is less dependent on the orientation of the phantom. MSE 
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images were generated in the same way as described above. Besides calculating the total 

MSE value corresponding to the uniform background regions in the phantom, local MSE 

values around each sphere were also calculated in order to assess the spatial-variation of the 

artifacts. 

Reconstructions of a uniform water cylinder phantom with simulated compound Poisson 

noise were used for examining noise performance of the system. Noise levels in the 

reconstructed images were evaluated by the average standard deviation at selected cubical 

regions in various transaxial and axial locations throughout the FOV; each region consists of 

1000 voxels. Noise levels for the two scanning modes were compared under the same total 

exposure, since they used the same mAs value for each x-ray source and the same total 

number of sources. 

Spatial resolution and the effect of focal spot size were studied based on reconstructions 

of the multi-point phantom and the water disk phantom. Point spread functions (PSFs) were 

generated by subtracting the two sets of reconstructions obtained from the two scanning 

modes. Spatial resolution was measured by the full-width at half-maximum (FWHM) of each 

PSF in transaxial and axial directions. Since the PSFs of the system are anisotropic in the 

transaxial plane, the FWHM of each PSF was measured along 180 different angles over 180° 

on the transaxial plane and the average transaxial FWHM was generated for each PSF 

according to the following equation: 

  ,
angles ofnumber  total

)FWHM(

FWHM l transaxiaaverage

∑
=

angle

angle

                            (6.1) 
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The anisotropy of transaxial FWHM for each PSF was also measured, which was calculated 

by 

( ) ( )
,

FWHM l transaxiaaverage
anisotropy

FWHMMinFWHMMax
angleangle

−
=                                     (6.2) 

where ( )FWHMMax
angle

 and ( )FWHMMin
angle

 are, respectively, the maximum and minimum FWHM 

of the PSF within the transaxial plane. The measurements were compared for the two 

scanning modes at different spatial locations and under different focal spot configurations.  

6.4 Results 

6.4.1 Study with infinitesimal focal spot 

Noise-free reconstructions of the MOBY phantom from the micro-CT system with the 

two scanning modes are shown in figure 6.7. Most features in the mouse being clearly 

revealed, the reconstructions do contain some degree of streaking artifacts due to the limited-

angle nature of the imaging system. From the transaxial views, it can be observed that the 

limited-angle artifacts from the no-translation scanning are mainly oriented around ±45°, 

where most angular sampling is missing. In comparison, the bi-translation scanning resulted 

in much fewer limited-angle artifacts and they are mainly located along −45° but not +45° 

owing to the improved angular coverage at around +45°. The overall MSE measurement 

shows that the bi-translation scanning of the MOBY phantom produced about 33% lower 

MSE than the no-translation scanning, indicating a reduction in artifacts from the bi-

translation scanning. 
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The patterns of limited-angle artifact can be more clearly observed in the reconstructions 

of the multi-sphere phantom, as shown in figure 6.8. The reconstruction from the no-

notrans bitrans 
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(b) 
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(c) 

Figure 6.7. Reconstructions of the MOBY phantom from the rotation-free micro-CT system with no-

translation and bi-translation scanning modes. (a) central Coronal views; (b) central Sagittal views; (c) 

central transaxial views. 
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translation scanning resulted in artifacts along both diagonals of the image whereas the bi-

translation scanning removed the artifacts along one of the diagonals. The MSE measurement 

confirmed the observation that the reconstruction from the bi-translation scanning has 50% 

fewer artifacts than that from the no-translation scanning.  

Figure 6.9 shows the MSE variations measured locally around each sphere in the multi-

sphere reconstructions. The curves shown are plotted for the spheres located in the mid-

notrans bitrans 
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(b) 

Figure 6.8. Reconstructions of the multi-sphere phantom from the rotation-free micro-CT system with no-

translation and bi-translation scanning modes. (a) central axial views; (b) central transaxial views. Display 

grey scales were narrowed down to reveal details of artifacts. 
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transaxial plane (a) and the central spheres in different axial planes (b). Similar trends were 

observed for other spheres. For both scanning modes, the closer the sphere is to the center of 

the FOV, the lower is the MSE value. The bi-translation scanning resulted in much lower 

MSE values around all the spheres; the largest differences between the two were found 

around spheres No.4 and No.8, where over 60% reductions in MSE were observed. 

Mid-transaxial views from the reconstructions of the uniform cylinder phantom with 

simulated compound Poisson noise are shown in figure 6.10 and the average standard 
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Figure 6.9. Local MSE measured around each spheres in the reconstructions of the multi-sphere phantom. 

(a) MSE variations within the mid-transaxial plane. Indices of the spheres are marked on the inserted 

image. (b) MSE variations of sphere No.1 at different axial locations. 
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deviations at five different spatial locations are marked on the images. In both scanning 

modes, the standard deviation suffers some degree of variation with spatial location, which is 

probably due to the variation in angular coverage and magnifications at different locations in 

the system. With the same total exposure, the two scanning modes did not make significant 

difference in noise levels in the reconstructions, although the bi-translation scanning 

produced slightly lower standard deviations throughout the FOV. 

6.4.2 Study of the focal spot effect 

The focal spot effect on spatial resolution was studied based on PSFs generated under 

infinitesimal and finite focal spot situations. FWHM measurements to the PSFs show that the 

100 µm focal spot did bring a 20~40% increase in axial and transaxial FWHM compared to 

the infinitesimal focal spot. No major difference was observed between the FWHMs obtained 

from the two scanning modes, as shown in figure 6.11-12 and table 6.1-2. However, there is 

a large degree of variation between the anisotropy of transaxial FWHM between the two 

1.37 1.26 

1.44 1.39 

1.22 

1.33 1.26 

1.38 1.39 

1.20 

notrans bitrans 

 

Figure 6.10. Reconstructions of the uniform cylinder phantom with simulated compound Poisson noise. 

Average standard deviations at selected regions are overlaid on the images. 
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scanning modes. With the infinitesimal focal spot, the bi-translation scanning generally 

produced lower anisotropy because of its better angular coverage; in contrast, with the finite 

focal spot, the anisotropy of the no-translation scanning dropped faster than the bi-translation 

scanning and ended up with much lower anisotropy in most locations, which is probably a 

result of its more uniform magnifications among the projection views. The anisotropy of the 

two scanning modes under the two focal spot sizes are compared in figure 6.13 and table 6.3. 
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Table 6.1. Average axial FWHM of the five PSFs obtained with the no-translation and the bi-translation 

scanning modes under infinitesimal and 100 µm focal spot situations. 

average axial FWHM (mm) ideal finite difference 

No-translation 0.050 0.0669 35% 

Bi-translation 0.053 0.0674 27% 

difference 7% 0.6%  
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Figure 6.11 Axial FWHM of the PSFs obtained with the no-translation and the bi-translation scanning 

modes under (a) infinitesimal and (b) finite (100 µm) focal spot situations. 
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Table 6.2. Average transaxial FWHM of the five PSFs obtained with the no-translation and the bi-translation 

scanning modes under infinitesimal and 100 µm focal spot situations. 

average transaxial FWHM (mm) ideal finite difference 

No-translation 0.057 0.080 39.7% 

Bi-translation 0.056 0.079 40% 

difference -1.6% -1.4%  
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Figure 6.12 Average transaxial FWHM of the PSFs obtained with the no-translation and the bi-translation 

scanning modes under (a) infinitesimal and (b) finite (100 µm) focal spot situations. 
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Table 6.3. Average anisotropy of the five PSFs obtained with the no-translation and the bi-translation scanning 

modes under infinitesimal and 100 µm focal spot situations. 

average anisotropy ideal finite difference 

No-translation 0.517611 0.233834 -54.82% 

Bi-translation 0.376016 0.355318 -5.50% 

difference -27.36% 51.95%  
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Figure 6.13 Anisotropy of transaxial FWHM of the PSFs obtained with the no-translation and the bi-

translation scanning modes under (a) infinitesimal and (b) finite (100 µm) focal spot situations.. 
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6.5 Discussions and conclusions 

We have shown by computer simulations that the rotation-free micro-CT system is 

capable of small animal imaging. Since only limited angular sampling can be obtained from 

the system, some level of limited-angle artifacts were observed in the reconstructed images. 

The artifacts can be reduced by translating the imaging subject in the geometry for better 

angular coverage (bi-translation scanning). Due to variations in angular coverage and 

magnifications at different locations within the FOV, the system shows slight variations in 

artifact level, noise, as well as spatial resolutions throughout the FOV.  

With better angular coverage, the bi-translation scanning resulted in much fewer limited-

angle artifacts in the reconstructed images. It has a similar level of axial and average 

transaxial FWHM values to the no-translation scanning, regardless of the focal spot size. 

However, although with an ideal, infinitesimal x-ray source focal spot, it produces more 

isotropic PSFs, with a realistic, finite focal spot, its PSFs become less isotropic than those of 

the no-translation scanning. Also, the bi-translation scanning requires longer image 

acquisition time because of the additional time cost in translating the subject to the other two 

imaging positions. In specific applications, the scanning modes can be chosen from the two 

in order to achieve desired image quality or imaging speed requirements.   
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7 CONCLUSIONS AND FUTURE WORK 

We have demonstrated that the proposed rotation-free micro-CT system with ideal or 

realistic geometries can be reconstructed effectively using the OSC or the MOSC 

reconstruction algorithms; some geometries perform better than others in image quality.  

In an ideal situation, when no gaps are found between the source arrays and/or the 

detectors, the square and the hexagonal geometries are comparable in overall noise-resolution 

trade-off and the hexagonal geometry generates fewer limited angle artifacts, so that the 

hexagonal geometry was considered to be superior to the square geometry. However, as gaps 

are introduced, the angular coverage of the hexagonal geometry degraded faster than the 

square geometry and the advantage of the hexagonal geometry begins to disappear. When the 

gaps are large enough, the square geometry may even outperform the hexagonal geometry 

and produce better image quality. 

The square geometry with different sizes and formations of gaps also performs differently. 

Generally, the larger the gaps, the worse the image quality. For the same size of gaps, 

geometries with increased source-to-detector distance result in fewer limited-angle artifacts. 

However, in order for the geometries to achieve similar noise levels as those with shorter 

source-to-detector distances, higher mAs values should be applied to the sources in these 

geometries. 

Comparison between two different scanning modes in the practical micro-CT scanner 

shows that each of them has its advantages and drawbacks. The scanning with subject 

translations results in much fewer limited-angle artifacts, but it also produces less isotropic 
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point spread functions when a finite x-ray source focal spot is assumed and it requires longer 

image acquisition time than the scanning with stationary subject. In specific applications, the 

scanning modes can be chosen from the two in order to achieve desired image quality or 

imaging speed requirements. 

The MOSC algorithm is shown to be up to 30% faster than the OSC and produces 

comparable image quality in reconstructing the proposed micro-CT system. We suggest the 

MOSC algorithm to be an efficient alternative to OSC in reconstructing the proposed 

geometry. In the future, the MOSC algorithm could be examined in other transmission CT 

geometries, and we anticipate MOSC performing at least as well as OSC in most cases. 

It has been shown in this dissertation that the proposed rotation-free micro-CT system has 

great potential for small animal imaging. However, there is still a lot of work to do before it 

could be applied in real small animal research.  

More realistic simulation studies could be performed. In our previous studies, scatter 

from x-ray radiation has not been considered. Because of the difficulty of scatter rejection in 

the proposed system, it is necessary to study the effect of scattering on image quality. Other 

factors that could also be included in the simulations include the detector intrinsic blurring 

effect, electronic noise, etc. 

The proposed system has the inherent problem of generating limited-angle artifacts and 

the iterative reconstruction algorithms are not able to completely eliminate these artifacts. 

Additional pre- or post-processing approaches may be helpful in compensating for the 

missing data and in reducing the artifacts. More work could be done in this field. 
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Although we have studied the proposed micro-CT system from various aspects by 

computer simulations, its performance has not yet been examined in a physical system. 

Chapter 6 in this dissertation investigates a real design that may be implemented in the near 

future. We hope that such a system could be developed successfully and the simulation 

results could be validated through experiments. While most of the designs studied here 

cannot be manufactured yet, we are hopeful that someday they will be.  This work has shown 

some important considerations in the design of such systems for the future.  

While our simulations focused on mouse-scale imaging, these geometries could be 

readily scaled up to human applications.  For example, we recently speculated about the 

possibility of developing a breast CT based on these geometries.  Since there are no bones to 

create streaking artifacts, the breast may be more forgiving of the limited-angle geometry.  

Future work based on the tools developed here will be able to study the breast application 

and other scaled-up human applications of these designs. 

 

 


